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Optical microscopy has become an indispensable tool for visualizing sub-cellular structures and
biological processes. However, scattering in biological tissues is a major obstacle that prevents
high-resolution images from being obtained from deep regions of tissue. We review common
techniques, such as multiphoton microscopy (MPM) and optical coherence microscopy (OCM),
for di®raction limited imaging beyond an imaging depth of 0.5mm. Novel implementations have
been emerging in recent years giving higher imaging speed, deeper penetration, and better image
quality. Focal modulation microscopy (FMM) is a novel method that combines confocal spatial
¯ltering with focal modulation to reject out-of-focus background. FMM has demonstrated an
imaging depth comparable to those of MPM and OCM, near-real-time image acquisition, and the
capability for multiple contrast mechanisms.

Keywords: Confocal microscopy;multiphotonmicroscopy (MPM); optical gating; optical coherence
tomography (OCT); optical coherence microscopy (OCM); focal modulation microscopy (FMM).

1. Introduction

Optical imaging into biological tissue is limited by

absorption, and more importantly, by scattering.1

Both these processes deplete the light illuminating

the specimen, or detected from it. Scattering also

di®uses light, so that a good focus or image cannot

be formed. Basically, there are two major strategies
to overcome the problem. The ¯rst, which is the
subject of the present review, is to reject the scat-
tered light, by some gating method. In this case,
resolution can be in the wavelength range, while the
penetration can be a few millimeters. In the second
strategy, the scattered light is used to reconstruct
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an image, methods including di®use optical to-
mography (DOT), and in vivo °uorescence imaging.
In such cases, penetration can be as large as several
centimeters, but resolution is severely limited to the
millimeter regime, or worse. As this review is con-
cerned with sub-cellular imaging, we do not discuss
it further.

The strengths of absorption and scattering both
depend on the wavelength. Absorption is speci¯ed
by the absorption coe±cient �s, de¯ned as the
probability of a photon being absorbed in a unit
distance. Blood absorbs strongly for wavelengths
below about 600 nm. Absorption of melanin
decreases progressively with increasing wavelength.
Absorption of water exhibits several windows of
comparatively low absorption, at about 480, 805,
1060 and 1250 nm, and can vary by several orders of
magnitude in between. In general, it increases as we
progress from the visible to the infrared. Scattering
is speci¯ed by the scattering coe±cient, which
decreases with increasing wavelength. Overall, for
breast tissue, penetration is high in the range
620–1310 nm, and scattering is strong compared
with absorption. At shorter wavelengths blood ab-
sorption dominates, and at longer wavelengths
water absorption dominates. Typical values for �s

are in the range 0.01–0.1��1
s .1

Several di®erent gating mechanisms can be used
to eliminate scattered light. These are time gating,
coherence gating, confocal sectioning, correlation
gating, multiphoton sectioning, angular gating, and
polarization gating. These approaches are intro-
duced in the following sub-sections.

1.1. Time gating

Time gating is the basis of time-domain re°ectom-
etry.2,3 For biomedical applications, time gating is
usually used in a trans-illumination mode. Highly
scattered photons travel a greater distance and
hence can be identi¯ed and removed. This is
achieved using an ultrashort-pulsed laser and an
ultra-fast time gate, such as a streak camera.4–8 The
time resolution available is usually not su±cient for
microscopic imaging.

1.2. Coherence gating

Another way of e®ectively performing time gating is
to make use of the temporal coherence of light. If an
interferometer is constructed using broadband light,

then interference occurs only when the optical path
in the two arms is equal, within the coherence
length. In this way, photons that have traveled a
further distance can be eliminated, thus resulting in
rejection of scattered light, and giving an optical
sectioning property that can be used to generate
three-dimensional (3D) images. The basic principle
of coherence ranging dates back to early 1980's.9;10

An early example of the application to microscopy
was given by Davidson et al.,11 who developed a
system based on a Linnik interferometer using white
light that they called the coherence probe micro-
scope. Their system was developed for semicon-
ductor device imaging, but is similar to later
instruments called full-¯eld optical coherence to-
mography (FF-OCT) systems.12 Optical coherence
tomography (OCT) is basically a scanned version of
low coherence interferometry.13 Optical coherence
microscopy (OCM) is also an interferometric im-
aging method using a broadband light source that
uses temporal coherence gating and confocal gating
together, to achieve high resolution in thick tissue
imaging.

1.3. Confocal sectioning

Confocal microscopy (CM) is a scanning microsco-
py technique in which a pinhole is placed before the
detector (see Fig. 1(a)). The pinhole obstructs light
that is not focused on a small spot. Such light can
come from regions of the sample distant from the
focal point, thus resulting in optical sectioning, and
in principle improving spatial resolution. Scattered
light is also rejected by the pinhole, giving rise to
confocal gating, and facilitating imaging in a scat-
tering medium such as tissue. So sectioning and
gating are closely related properties. The strength
of the sectioning is strongly dependent on the an-
gular aperture of the microscope objective, with a
4n sin2ð�=2Þ variation, where n is refractive index
of the immersion medium and � is the angular semi-
aperture of the lens.14,15 CM can be performed in an
epi-illumination, re°ection (sometimes called re-
°ectance) geometry, but also in a confocal °uores-
cence mode.16 Confocal °uorescence can rely on
chemically or biologically speci¯c °uorescent labels,
or intrinsic auto°uorescence. Confocal re°ection
microscopy is widely used for imaging surface
structure in industrial applications, but is also used
in clinical applications, in ophthalmology and
dermatology, for example. It can also be used for
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biological applications using metallic nanoparticles
as contrast agents.17,18

The sectioning strength of CM can be investi-
gated theoretically using the concept of integrated
intensity, the variation with defocus in the intensity
integrated over a transverse plane of the image of a
point object.19 For a conventional microscope, by
conservation of energy this must be constant, but
for a confocal microscope some energy is intercepted
by the pinhole, so that conservation of energy no
longer applies. The integrated intensity falls o®
monotonically, and tends to fall o® as 1=�z2 for
large z. For a weakly scattering medium, the di®use
scattering from a layer at a particular depth is
proportional to the integrated intensity. So if the
illumination intensity is assumed not to decay with
depth, the intensity can be integrated in depth to
determine the total scattered signal. Schmitt called
this the single-backscatter model, and developed it
to include depletion of the illuminating beam.20 He
found that it gives reasonable predictions to depths

of about two scattering lengths, while if depletion is
neglected it is reasonably accurate to one scattering
length.

It is usually accepted that the confocal micro-
scope was invented by Minsky.21 However, the
confocal principle seems to have been appreciated
earlier, in the work on microphotometry by Koanna
and Naora.22,23 The image formation process in the
confocal microscope is fundamentally di®erent from
that in scanning systems without a pinhole.24 In
some cases the confocal pinhole is replaced by a slit,
which allows imaging of a complete line simulta-
neously, thus increasing imaging speed, but with
degraded optical sectioning.25,26 In fact, a confocal-
like system of this type was reported in 1940.27

Another way to increase scanning speed is to use an
array of pinholes, as in the tandem scanning (or
spinning disk) microscope.28,29 This also degrades
the optical sectioning because of cross-talk between
the pinholes.25,30 For a confocal system with a pin-
hole, the defocus signal decays as 1=�z2, whereas
for a slit system it decays as 1=�z and for a spinning
disk system it tends to be a constant value, the
value of which depends on the aperture spacing. For
a pinhole system, the sectioning, and therefore also
the gating strength, is weaker for a larger pin-
hole,31–34 but too small pinhole results in weak sig-
nal and strong coherent artifacts in a scattering
medium.20,35–37 It should be noted that it is not the
absolute size of the pinhole that is signi¯cant, but
its size relative to that of the Airy disk formed in the
pinhole plane by the focused wave.

The confocal pinhole can also be replaced by a
single mode optical ¯ber.38–40 The size of the ¯ber
core and the geometry now determine the sectioning
strength.41,42 Confocal sectioning arises because the
sample is illuminated with a focused spot. This is a
special case of structured illumination, which
includes other examples such as full-¯eld illumina-
tion with a pattern of fringes.43,44 Structured illu-
mination has been shown to give superior 3D
resolution compared with CM,45,46 but has been
found to not penetrate so well into scattering media.

1.4. Correlation gating

Optical gating with performance similar to confocal
sectioning may results from a correlation e®ect
(Fig. 2). If a wave interferes with a reference beam
on a detector, the interference signal selects the
signal wave front that matches the reference beam

(a)

(b)

Fig. 1. The optical setup of (a) confocal system and (b) op-
tical sectioning in confocal and multiphoton excitation.

Advanced optical microscopy
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wave front.47 By using a spherically expanding ref-
erence beam, light coming from a point in the
sample can be detected, without a lens being nec-
essary;48 or by using a lens and a focused reference
beam a `synthetic' confocal pinhole can be gener-
ated.49,50 By combining with broad-band illumina-
tion, both confocal and coherence gating result.36,51

This correlation e®ect of interference can also be
used in a full-¯eld microscope (Fig. 2(a)). The co-
herence probe microscope of Davidson et al.11 thus
also exhibits sectioning from the correlation e®ect,
in addition to the coherence sectioning.

In a similar way, OCT when performed with a
high numerical aperture (NA) lens, gives both
coherence and confocal gating. This is then called
OCM.52 A major di®erence between OCM and OCT

is that in OCM it is necessary to scan in 3D, whereas
in OCT the low coherence provides sectioning
within the depth of focus of the imaging lens.

1.5. Angular gating

Confocal imaging is basically a geometric e®ect,
related to the angular aperture of the illumination
and collection. But it is also possible to use angular
gating in the Fourier domain. This general ap-
proach has a long history. Siedentopf and Zsig-
mondy proposed the ultra-microscope, in which
illumination is in a direction transverse to the op-
tical axis of the imaging system.53 This is like a form
of dark ¯eld microscope, allowing weak scattering
from sub-wavelength particles to be observed.
Goldman used a development of this concept in his
confocal slit system.27 The illumination and imaging
axes are tilted with respect to one-another, with the
result that a particle must be in both the illumina-
tion and collection paths in order for scattering to
be detected. This has the e®ect of increasing the
overall optical sectioning. In a similar way, for a
scattered photon to be detected, it must di®use
from the illuminated region to the collection cone,
and at the same time be oriented in the correct
direction. This principle has been widely used in the
ophthalmology specialization, in the so-called slit
lamp. Maurice divided the objective aperture into
two semicircular halves, one for illumination, and
the other for collection.54 He also used this principle
in his form of the scanning slit microscope.55 The
divided aperture method was further re¯ned by
Koester,56,57 and more recently by Dwyer et al.58,59

Analysis of the imaging performance shows that the
sectioning strength can be improved, so that the
defocus signal falls o® as 1=�z3.60–62 The divided
aperture method can also be used with °uorescence
microscopy.63 A similar o®-axis instrument using
two separate objectives, called the theta micro-
scope, has also been used with confocal °uorescence
microscopy,64 or for re°ection imaging, sometimes
under the name of the dual-axis microscope.65–69

Other geometries can also be used. For example,
using annular apertures in conjunction with a con-
focal pinhole of ¯nite size can also result in im-
proved sectioning,35,70–73 and this approach can also
be used with confocal °uorescence microscopy.74,75

A rapidly developing approach is based on
the illumination by a plane of light. These techni-
ques are variously called light sheet microscopy,

(a)

(b)

Fig. 2. Optical sectioning through interferometric scheme (a)
is used in correlation gating and coherence gating (when using a
broadband source) and (b) angular gating as explained in
Sec. 1.5.
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orthogonal-plane °uorescence optical sectioning
(OPFOS),76 selected plane illumination microscopy
(SPIM),77–79 or just ultra-microscopy80 (named
after the original paper by Siedentopf and Zsig-
mondy75). The light sheet can be generated using a
scanned beam, and combined with the structured
illumination technique.81 A scanned Bessel beam
has also been used, usually combined with multi-
photon excitation to reduce the side lobe level.82–84

Light sheet microscopy has also been combined with
confocal gating.85

The performance of angular gating combined
with confocal gating has been explored, and justi-
¯ed, using Monte-Carlo methods.37,69,73,86,87

1.6. Polarization gating

Light tends to lose its well-de¯ned polarization upon
multiple scattering. So imaging between crossed
polarizers can be used to reject scattered light. As
the scattered light is unpolarized, the intensities of
the parallel-polarized and perpendicular-polarized
components are equal, and therefore an e±cient
gating method is to subtract the intensity of the
perpendicular-polarized component from that of
the parallel-polarized component, to give the pure
polarized component.110 Combinations of polariza-
tion gating with time-gating,111 and angular gating
have been reported.88–90,95,112

2. Multiphoton Microscopy

2.1. Optical sectioning by MPM

MPM relies on a nonlinear interaction within the
sample. If more than one photon is involved in the
process, the illumination point spread function is
sharpened up, thus introducing an optical sectioning
e®ect, as shown in Fig. 1(b). The general principle of
exploiting the high power in a focused laser spot to
construct a scanningmicroscope based on a nonlinear
interaction was proposed by Sheppard and Kompf-
ner.91 Speci¯c examples of nonlinear processes that
could be used were mentioned, including harmonic
generation, frequency mixing, two-photon °uores-
cence and coherent Raman scattering. It was also
described how for a ¯xed average input power, the
signal can be increased by concentrating the illumi-
nation in time as well as space, by using pulsed-beam
illumination. Imaging by second harmonic genera-
tion (SHG) using a full-¯eld microscope, rather than

a scanning system, was demonstrated by Hellwarth
and Christiansen.92,93 In this case the emitted
photons are imaged, and no optical sectioning
results. But SHG in a scanning system does exhibit
optical sectioning, as the focused illumination in-
tensity is e®ectively squared by the two-photon
process.94,95 SHG microscopy was ¯rst applied to
biological imaging by Freund et al.96,97 Coherent
anti-stokes Raman spectroscopy (CARS) micros-
copy was ¯rst demonstrated by Duncan et al.98

Two-photon °uorescence microscopy was demon-
strated by Denk et al.,99 and they ¯led a patent for
two-photon °uorescence microscopy using pulses
shorter than 1 ps.100 Other mechanisms that have
been used for MPM include third harmonic gener-
ation101 and three-photon °uorescence.102–104 Dif-
ferent modes of MPM can also be combined.105

MPM has several advantages over CM. It usu-
ally uses excitation in the near infrared, which
penetrates into tissue better than the visible light
used for single-photon °uorescence, although reso-
lution for the same absorption transition energy is
inferior to the single-photon case.18,106 Excitation
by scattered light is much weaker than in single-
photon microscopy because of the power law de-
pendence, so penetration is deeper. But when the
illumination spot is depleted by extinction, the
strength of the multiphoton interaction decreases
more rapidly than it does in the single-photon
case.107 The °uorescent light has only to be col-
lected, rather than imaged as in conventional or
confocal °uorescence microscopy, so scattering of
the °uorescent light is not so important. Another
advantage of multiphoton °uorescence is that
photobleaching, a serious consideration in single-
photon °uorescence, is much reduced because
multi-photon absorption mainly occurs in the focal
plane. Harmonic generation, on the other hand,
does not su®er from fading.

Multiphoton signals are often weak, so collection
e±ciency is often improved using a nondescanned
detector. MPM can be combined with a confocal
pinhole,108–112 to improve the overall optical sec-
tioning strength, but then use of a nondescanned
detector is not possible.

Nonlinear contrast is based on second- and third-
order (or higher) nonlinear light–matter interac-
tions that, with a high NA microscope objective, are
possible only at the focus. These nonlinear optical
e®ects are proportional to the second or third power
of the illumination light intensity, and therefore the

Advanced optical microscopy
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interaction of light with a sample takes place only at
the focal plane, rejecting out-of-focus light and
resulting in an optical sectioning property that is
unique to nonlinear excitation. The principle of
nonlinear °uorescence microscopy is based on si-
multaneous absorption of two or more photons, as
in two-photon excited °uorescence microscopy99

and three-photon excitation °uorescence microsco-
py.102,113,114 When the phase of the generated signal
in a nonlinear microscope is determined by the
phase of the excitation ¯eld and the geometrical
distribution of radiating molecules, the process is
coherent. Some of the coherent nonlinear micro-
scopic techniques are SHG microscopy,115–118

CARS microscopy119 and third harmonic genera-
tion (THG) microscopy.63,120–123 MPM is based on
the e±cient generation of ultrashort pulses.
Advances in the production of ultrashort-pulsed
lasers have signi¯cantly contributed to the devel-
opment of these nonlinear optical modalities.

Deep tissue imaging in thick samples using MPM
depends on factors such as laser power, pulse
repetition rate, pulse width and wavelength. The
imaging depth in multiphoton excitation is pro-
portional to the absorption coe±cient of the light in
a sample, and changes logarithmically with average
power, collection e±ciency and duty cycle. Multi-
photon °uorescence imaging has been reported up
to 1mm using a regenerative ampli¯er with 200 nJ
pulse energy at a repetition rate of 200 kHz.124 By
reducing the pulse width, increased two-photon
°uorescence excitation at greater depths can be
achieved with dispersion compensation of laser
pulses.125 But as the laser pulse width is reduced,
the width of the laser spectrum increases, thereby
exceeding the bandwidth of the two-photon exci-
tation spectrum of the dye, and thus limiting the
bene¯ts of shorter pulses.126

Longer wavelength can be used to achieve deeper
penetration depth in MPM. Multimodal imaging at
1230 nm excitation wavelength has been used to
image plant cells and zebra ¯sh embryos.127,128

Improved imaging depth has also been reported
using 1300 nm excitation, as compared to 800 nm
excitation wavelength, due to lower scattering in
tissue, with two-photon °uorescence microscopy,129

and (in skin tissue) for SHG microscopy.130 Up to
1.6mm imaging depth has been reported in in vivo
imaging of adult mouse brain at 1280 nm using
2-photon °uorescence,131,132 and to 1.3mm at
1675 nm using 3-photon °uorescence.133

2.2. Multifocal multiphoton microscopy

MMM is a parallelized multiphoton imaging meth-
od for real-time nonlinear imaging applications in
which, a beam of ultrafast femtosecond pulses is
split into several lower energy ones, generating si-
multaneously multiple and well-separated foci.
MMM uses more of the available laser power and at
the same time it parallelizes the imaging process
without signi¯cant loss of resolution.134–136

For biomedical applications high-speed MPM
can be achieved by incorporating high-speed scan-
ners such as polygonal mirror scanners or resonant
mirror scanners137,138 instead of galvanometric
mirror scanners used in conventional multiphoton
microscopes. These approaches can achieve a scan-
ning speed of up to 30 frames per second in thick
tissues but are limited by the signal-to-noise ratio
(SNR). Another method to improve speed is to scan
selected regions of interest in the sample rather than
the whole volume. Using acousto-optic de°ectors for
fast point scanning, however, has provided limited
improvement due to signi¯cant dispersion of ultra-
short pulses and spherical aberrations introduced
by the optical elements used.139

In MMM, the sample is scanned with multiple
excitation focus points,134–136 or lines140 rather than
a single excitation focus. The emitted light is col-
lected by the multiple foci on a charge-coupled
device (CCD) camera. The CCD integrates the
collected photons from the sample in a 2D scan. In
this method, the number of excitation foci deter-
mines the imaging speed of MMM, leading to a high
frame rate without increasing the excitation power,
thereby reducing photo-toxicity. To obtain deep
tissue imaging, higher laser power is required to
compensate the signal loss in tissue. Imaging depth
in thick tissues can be improved by a method based
on multi-anode photomultiplier tubes.141,142

2.3. Temporal focusing

Temporal focusing of femtosecond laser pulses is
used to reduce the background excitation in MPM
and for improving the penetration depth of optical
imaging in highly scattering biological tissue. Un-
derstanding the spatio-temporal focusing of ultra-
short pulses through highly scattering media is
critical in MPM applications. Most of the applica-
tions of ultrashort pulses need focusing through
lenses, and a transform-limited temporal pro¯le,
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along with a di®raction-limited focused spot size, is
required. It is well known that complex spatio-
temporal distortions can occur at the focus of a lens
due to spherical and chromatic aberrations.143

Control and manipulation of ultrashort pulses when
aberrations are present is needed for e®ective use of
the pulses in a variety of applications such as mul-
tiphoton imaging, photonics and communications.

Temporal focusing of ultrashort pulses can be
applied in the wide-¯eld depth-resolved two-pho-
ton °uorescence microscopy, where a plane in the
sample is excited selectively by using geometrical
dispersion of an ultrashort pulse. The e®ects of
spatial modulation of a temporally focused excita-
tion pattern on both the generated excitation
pattern, and on its axial con¯nement, have been
studied.144 A geometric optics model with Monte-
Carlo scattering simulations have been applied
to study the temporal focusing characteristics in
scattering and nonscattering media. The concept
of simultaneous spatial and temporal focusing of
femtosecond pulses145,146 has been used to reduce
the background excitation in MPM for imaging in
highly scattering biological specimens.147 Spatially
and temporally resolved measurement of a speckle
¯eld produced by the propagation of a ultrafast
optical pulse through a thick, strongly scattering,
medium can be used for imaging in MPM
applications.148

2.4. Other nonlinear microscopy
modalities

Some of the nonlinear optical microscopic techni-
ques are described below.

2.4.1. SHG microscopy

SHG was ¯rst applied in optical microscopy to
image the structure of nonlinearities in a crystal of
ZnSe in a full ¯eld illumination setup149 and later
the scanning mode of a SHG microscope was also
demonstrated.117 The ¯rst biological application of
SHG microscopy was the imaging of rat-tail ten-
don.96 The development of stable, high-power,
femtosecond mode-locked lasers has contributed to
the e±cient generation of nonlinear optical respon-
ses. Now SHG microscopy is used in a variety of
biological applications. Optical microscopy with
SHG has been widely used for imaging colla-
gen,150–153 myocytes152,154 and plants.155–157

SHG is a resonant scattering process as shown in
Fig. 3(d). SHG microscopy is based on non-
centrosymmetric organization of microstructures in
the sample, and SHG signal can be generated due to a
broken symmetry at an interface or due to a non-
centrosymmetric arrangement within bulk struc-
tures. At an interface, biological membranes can
produce detectable SHG signal as in the case of a lipid
bilayer.158 Molecular structures having a symmetric
distribution of chirality in the membrane do not give
rise to SHG signal: only an ordered asymmetric dis-
tribution of chiral molecules in the membranes is
responsible for SHG.115 SHG can also be produced in
biogenic crystal structures, for example, in calcite or
starch granules,155 and bio-photonic crystalline and
semi-crystalline structures in living cells.159

2.4.2. THG microscopy

Third harmonic light can be generated at an inter-
face by a tightly focused laser beam. It is possible to
image both biological and nonbiological specimens,
with the inherent optical sectioning property of
THG microscopy. Even though, unlike SHG, THG
can occur in symmetric crystal structures, with an
isotropic structure the harmonic generated on either
side of focus cancels out. Third harmonic signal in a
material is produced only when the axial symmetry
at the focal plane can be broken by a change in the
material properties, such as interfaces and bound-
aries due to refractive index or nonlinear suscepti-
bility changes. The localized production of third
harmonic generation signal at material interfaces
provides the inherent optical sectioning desired in
3D imaging at higher axial resolution. It is possible
to produce 3D images by THG from di®erent planes
perpendicular to the axis of beam propagation.
Compared with the other modes of single or multi-
photon °uorescence microscopy (Fig. 3(a–c)), ex-
ternal labeling or °uorophores are not required in
THG microscopy. THG is also a resonant energy
transfer process (Fig. 3(e)), like SHG and CARS.

Under tight focusing conditions, THG can be
generated through an interface within the focal vol-
ume of the excitation beam.160 It has been shown
that whenever there is either a change in refractive
index or third-order nonlinear susceptibility, third
harmonic light is produced and as a result of this
interface e®ect third harmonic imaging is possible
and can be applied to study transparent sam-
ples.101,120 Volumetric imaging has also been
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performed in both biological and non-biological
specimens, demonstrating the dynamical imaging
properties of THG in live samples.121,161,162 Third
harmonic generation microscopy is shown to be
particularly suitable for imaging biogenic crystals
and polarization sensitive imaging of crystalline
structure in biological samples.159,163 THG has been
used for the characterization of saline solutions and
structural changes in collagen.164 It is shown that
THG epidetection is generally possible when the
sample structure is embedded in a scattering, non-
absorbing tissue with thickness greater than the re-
duced scattering mean free path.165 Multimodal
microscopic techniques have also been reported by a
combination of THG, SHG and two-photon °uores-
cence contrast methods on the same microscope.166

2.4.3. Coherent anti-stokes Raman

scattering

CARS microscopy is based on the use of two di®er-
ent laser beams, the pump and Stokes beams, that
are tuned to match the energy gap between two vi-
brational levels in a molecule as shown in Fig. 3(f).

CARS is used to probe chemical bond vibration
levels and provides molecular speci¯city, particu-
larly for small molecules.119,167 Stronger vibrational
signals can be obtained with CARSmicroscopy, that
is a nonlinear Raman scattering method, as com-
pared with conventional Raman scattering micros-
copy. CARS is a four-wave mixing process, in which
a pump beam at frequency !P and a Stokes beam at
frequency !S interact with the sample to generate an
anti-Stokes signal at frequency !AS ¼ 2!P � !S.
This expression can also be written as !AS ¼ !Pþ
!vib, when the beat frequency between the pump and
Stokes beams, !P � !S , matches the frequency of a
particular Raman active molecular vibration, !vib.
This results in an enhanced anti-Stokes signal, pro-
viding the vibrational contrast for CARS microsco-
py.168 The anti-Stokes Raman signal !AS is
represented as !CARS in Fig. 3(f). CARS can selec-
tively image molecules by exciting their speci¯c vi-
brational modes with high sensitivity. Since its
signal frequency is blue-shifted from the excitation
frequencies, CARS can be used in the presence of
high °uorescence background. Normally the pump
and Stokes ¯elds are generated by a near infrared

(a) (b) (c)

(d) (e) (f)

Fig. 3. Fluorescence emission by: (a) single-photon excitation (b) two-photon excitation and three-photon excitation. Fluorescence
is characterized by nonresonant processes resulting in incoherent emission. The coherent scattering processes are shown by resonant
emission from (d) two-photon absorption as in SHG, (e) three photon-absorption as in THG and (f) CARS.
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laser, which can penetrate deeply into biological
system with little absorption. This permits CARS to
be noninvasive in imaging living cells.

Raman scattering is a unique method for live cell
imaging, based on chemical contrast without using
°uorescent markers. Inherent Raman signals do not
photo-bleach and allow long-term cellular studies.
Developments in CARS microscopy have o®ered
further improvement in imaging, such as (a)
F-CARS, forward-detection with parallel-polarized
pump and Stokes beams, (b) E-CARS, epi-detection
with parallel-polarized pump and Stokes beam, (c)
P-CARS, forward-detection with polarization, and
(d) C-CARS, detection with counter propagating
parallel-polarized pump and Stokes beams. These
four kinds of the CARS methods can be applied
under di®erent circumstances. F-CARS microscopy
produces a large signal at low excitation power. It is
suitable for a vibration with a large resonant CARS
signal. However, the resonant F-CARS signal is
often overwhelmed by the nonresonant background
from scatterers and solvent. The E-CARS and
C-CARS beam geometries introduce a phase mis-
match, which acts as a size ¯lter that e®ectively
rejects the signal from the bulk solvent. E-CARS
permits high-sensitivity imaging of small features
embedded in a nonlinear medium.

These nonlinear microscopic modalities have dif-
ferent properties for imaging thick biological tissue.
SHG, THG, CARS, two- and three-photon °uores-
cence give deeper penetration but are limited by the
wavelength and dispersion of ultrashort pulse
propagation through thick biological tissue. OCT,
OCM and FMM are new techniques for in vivo im-
aging of thick biological tissue at greater depths
than the nonlinear methods and are being developed
for potential applications in biomedical ¯eld.

3. Optical Coherence Microscopy

Optical imaging in scattering media such as bio-
logical tissue is a fundamentally di±cult problem.
Low coherence light and ultrashort laser pulses can
be used to image thick biological tissue at greater
depths. Time-of-°ight information of a light signal
scattered from a tissue contains spatial information
about the ¯ne structure of the specimen. Optical
ranging with a low coherence light source can be
used in microscope modalities such as OCT and
OCM.13,169,170 The axial resolution of OCT is de-
termined by the coherence length of the light

source, and the lateral resolution is controlled by
the NA of the imaging optics. The combination of
OCT with high NA optics gives a combined depth
sectioning by utilizing the coherence gating and the
confocal gating, and is called OCM.

OCM is an interferometric imaging method that
works on the basic principle of splitting and
recombining the optical beams of a broadband light
source. The interferometric setup allows rejecting
scattered photons on the basis that they do not
contribute to the fringe pattern. The OCM optical
scheme is similar to that of low coherence interfer-
ometry, that is used in thickness and refractive
index measurements.171,172 A typical OCM setup
for imaging thick biological tissue based on a
Michelson interferometer con¯guration is shown in
Fig. 4. Light from a low coherence source such as a
super-luminescent diode (SLD) is split in two paths,
one traverses the reference arm and re°ects from a
reference mirror, while the other part of the light
illuminates the sample via a microscope objective.
Due to the broadband of the light source, interfer-
ence between the light from both arms is observed
only when their optical path lengths are matched to
within the coherence length of the source. The
temporal coherence length of the light source
determines the depth resolution, and scanning the
reference arm allows di®erent depths within the
sample to be sectioned.

The heterodyne detection and coherence gating
used inOCM increases the penetration depth in thick
tissue by a factor of two to three, as compared to that
of a confocal microscope. Heterodyne detection is the
application of a frequency shift between the sample
and reference beams during detection. It is com-
monly used in OCT and OCM to overcome the noise
issues in optical detectors.173 The most common
method of implementing heterodyne detection is
through the use of a delay line, which shifts the co-
herence gate, or using a moving reference mirror.
Delay lines are used to change the geometrical length
of the light path using stepper motors, loudspeaker
cones and other methods.13 Piezoelectric ¯ber
stretchers have been used to avoid mechanical
vibrations, but with the drawbacks of temperature
e®ects and dispersion.174,175 Coherence gate modu-
lation has also been achieved by pulse shaping in the
spectral domain,176 and phase delay lines.177,178

Recently, the similarities and di®erences between
OCT, OCM, FF OCT, confocal interferometry,
interferometric synthetic aperture microscopy
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(ISAM), and digital holographic microscopy within
the framework of the coherent transfer function
have been pointed out.179 In OCM, high NA lenses
are used, such that the confocal sectioning for each
spectral component can be described by a 3D co-
herent transfer function that is identical to that of a
confocal interference system of the same geometry.
In conventional OCT, the apertures of the illumi-
nating and collecting pupils are small and equal. If
the aperture is small enough so that we can neglect
the contribution to longitudinal resolution from the
confocal e®ect, the longitudinal resolution comes
only from temporal coherence e®ects. In OCT using
a single-mode ¯ber-optic architecture, the ¯ber
mode acts as a synthetic pinhole in the detection
process.38,39,180

A model for image formation in OCT and OCM
in the Fourier domain, using the principle of the
generalized aperture and the coherent transfer
function has been reported,181,182 in which it was
proposed that a model-based approach could be
used to overcome the limited depth of focus in
Fourier domain OCM. Full ¯eld optical coherence
microscopy (FFOCM) combined with structured
illumination °uorescence microscopy has been used
to co-localize re°ectance and °uorescence images in
a ¯xed and labeled mouse retina.183

3.1. Dynamic focusing

To achieve high lateral resolution in an OCT setup,
a high NA lens is used in order to obtain coherence

gating and confocal gating at the same depth posi-
tion during axial scanning. This method provides
what is known as dynamic focusing for high reso-
lution in an OCM.

Dynamic focusing is used in such microscopes to
achieve invariant resolution across the entire scan
depth. A common translation stage for both the
reference and sample arm is used to ensure invariant
resolution throughout the lateral and depth
scans.184 By keeping the arms of the interferometer
stationary, and moving the sample laterally at each
scan, an axially magni¯ed focused beam can be
scanned and compensated for the path length
changes caused by the refractive index of the
sample.185 A dynamic focusing system based on
a deformable micro-electro-mechanical systems
(MEMS) mirror has been designed in which the
MEMS mirror deforms in order to shift the beam
focus in the sample in correspondence with the co-
herence gate of each lateral scan.186 Dynamic fo-
cusing by using a liquid-¯lled polymer lens whose
curvature can be changed by hydraulic pressure to
obtain the variable focus has been proposed.187 A
microscope objective has been designed to minimize
aberrations by incorporating a dynamic focusing
system within the microscope objective.188

3.2. Dark ¯eld OCM

Dark ¯eld imaging is used in wide-¯eld microscopy
for achieving contrast based on scattering in the
sample. Dark ¯eld OCM has been introduced to

Photodetector 

Scanning Mirror 

Broadband 
Source 

2x2 Fiber 
Coupler 

Image 
Formation 

Retroreflector 

Sample 

Scan Lens 

Tube Lens 
Objective 
(High NA) 

OCM Image 

Fig. 4. A typical optical scheme of OCM.
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improve the sensitivity of OCM for the imaging of
weakly scattering objects.189 In this method, the use
of separate illumination and detection apertures
ensures the suppression of signal created by specular
re°ections from °at surfaces within the sample.

Based on a coherent optical transfer function
analysis,182 it has been shown that dark ¯eld OCM
has a transfer function that shows improved trans-
verse spatial frequency content.181 Another advan-
tage of dark ¯eld OCM is that the illumination
power can be increased to improve the signal level of
high spatial frequency content, which is not possible
with classical OCM where the illumination power is
limited by the signal level of the low spatial fre-
quencies that use most of the available dynamic
range of the detection system.

3.3. Photon noise limitations

The speed of data acquisition and the SNR in OCM
are both limited by fundamental photon noise. The
photon shot noise is linked to the quantum nature of
light, as most OCT/OCM sources (SLDs, broad-
band lasers) follow Bose–Einstein statistics, while
quasi-monochromatic lasers follow Poisson statis-
tics. These two phenomena tend to approach each
other at low photon numbers, and hence the dis-
tinction becomes crucial at higher intensities. The
low coherence sources such as SLDs usually work at
power levels and coherence times that lead to Bose–
Einstein photon bunching. The photon noise in such
low coherence sources is dominated by this photon
bunching e®ect. In OCM one can reduce the e®ect of
photon bunching by attenuating the reference beam
power, thereby bringing the instrument close to the
regime of Poisson noise. An increase in the sample
beam power increases the SNR when imaging bio-
logical tissue, but the reference power must not be
allowed to increase into the photon-bunching re-
gime. There are several other noise sources arising
from the use of electronic circuits in the OCM sys-
tems, such as 1/f noise, Johnson noise, dark cur-
rent, pre-ampli¯er noise, and analog-to-digital
conversion (ADC) noise.190

4. Focal Modulation Microscopy

Focal Modulation Microscopy (FMM) has been
recently developed as a new confocal method for
in vivo imaging of thick biological tissues.191,192 It is
compatible with a range of contrast mechanisms,

including single-photon excited °uorescence, two-
photon excited °uorescence, and back scattering/
re°ection. It has been demonstrated theoretically
and experimentally that FMM can achieve an im-
aging depth signi¯cantly greater than CM, espe-
cially when the image quality in deep regions is
limited by the strong background that results from
multiple scattering.

4.1. Principle and theory

FMM essentially provides an e®ective background
rejection mechanism based on the coherence prop-
erties of the excitation light beam. It does not,
however, rely on the coherence between the exci-
tation beam and the emission beam. The latter
makes it possible for FMM to be applied to °uo-
rescence imaging. In this section, we review the
basic principle and theoretical background of single-
photon °uorescence-based FMM.

A simpli¯ed theoretical model has been devel-
oped to investigate the image formation process for
both CM and FMM.193 Contributions from ballistic
photons and scattered photons can be separated
and treated with di®erent physical models. The
nonscattered photons in the excitation or emission
light form the so-called ballistic component. Its
propagation can be modeled using the scalar dif-
fraction theory. For example, the intensity distri-
bution of the ballistic illumination light focused by
the objective lens, as a function of the spatial loca-
tion r, is given by

IBðr; rF Þ ¼ e��lzC

Z 1

0

J0ðv�Þe iu� 2=2�d�
����

����
2

: ð4:1Þ

Here rF ¼ ðxF ; yF ; zF Þ is the location of the focal
point of the objective lens with its focal length given
by zF . The normalized optical coordinates v ¼ k�NA
and u ¼ 4kn�z sin2ð�=2Þ, where the NA is NA ¼
n sinð�Þ, k ¼ 2�=� is the wave number, n is the re-
fractive index of the imaging medium and � is the
semi-aperture angle of the lens, are related to the
radial displacement � ¼

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
ðxF � xÞ2 � ðyF � yÞ2

p
,

and the defocus �z ¼ z� zF , respectively. J0ð�Þ
denotes the zero-order Bessel function. The constant
C is used to normalize the total excitation power to
unity. Attenuation of the ballistic component due to
scattering and absorption in the medium is modeled
by the ¯rst exponential term, which depends on
the extinction coe±cient �l ¼ �a þ �s (the sum of
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absorption and scattering coe±cients) and the pen-
etration depth z. The same wave optics model is ap-
plicable to the propagation of the ballistic emission
from within the sample to the pinhole detector.

For scattered photons, it is assumed that they
lose spatial and temporal coherence and can be
treated as classical particles. Monte Carlo simula-
tion is a useful tool to trace migration of scattered
photons in the sample. Their propagation outside
the sample can be traced using geometric optics.

The ballistic excitation light can be well con-
centrated within the di®raction limited focal vol-
ume. On the other hand, the ballistic emission from
the focal volume can be adequately di®erentiated
from out-of-focus light by a confocal pinhole.
Among the detected emission photons, those related
to ballistic excitation and emission contribute to the
desired signal, while the rest lead to a background
that adversely a®ects the image quality in terms of
contrast and spatial resolution.

For a conventional CM setup, the desired signal
decays rapidly with the penetration depth

SCM / e�2�lz ¼ e�2z=lt ; ð4:2Þ
where the typical value for lt ¼ 1=�t is around
100�m in biological tissues. The background BCM,
however, includes contributions from scattered light
and attenuates at a much slower pace when the
focal point moves into the medium. As a result, the
signal can be overwhelmed by the background ratio
when the imaging depth is greater than 200�m.

FMM introduces a Spatial-Temporal Phase
Modulator (STPM) in the excitation light path.
The modulated excitation ¯eld at the back aperture
of the objective lens is given by

Eðr; tÞ ¼ e iHðr;tÞE0ðr; tÞ; ð4:3Þ
where E0ðr; tÞ usually represents a Gaussian or
uniform beam entering the STPM. The modulation
function H0ðr; tÞ is the additional phase shift in-
troduced by the modulator and is a function of time
t and the two-dimensional vector r ¼ ½x; y� in the
aperture plane. In an example implementation, the
aperture is divided into two concentric zones of
equal area, and Hðr; tÞ is given by

Hðr; tÞ ¼ �0; r 62 R1;
�0 þ � cosðf0tÞ=2�=2; r 62 R2

�
; ð4:4Þ

where f0 is the modulation frequency,R1 is the inner
circular zone where the phase delay is a constant,

while R2 is the annular zone in which the relative
phase delay varies from 0 to � periodically.

The spatio-temporally phase modulated excita-
tion beam, when brought to the focal point of the
objective lens, generates an intensity modulation
around the focal volume. This results in an oscil-
latory component in the °uorescence emission as
well. When the focal point is located within a turbid
medium, however, only the ballistic excitation light
contributes to the modulated °uorescence excita-
tion and emission. Scattered excitation photons are
considered incoherent and they lead to a constant
background. This is the key idea behind FMM for
background rejection. In the pinhole detector out-
put, only the AC component at the modulation
frequency is retrieved to form FMM images.

For FMM, the equivalent excitation rate is pro-
portional to the temporal change in the intensity of
the ballistic component:

EFMMðrF ; rMÞ ¼ e��l zMC

Z 1

0

J0ðv�Þe iu� 2=2�d�
����

����
2

(

�
Z 0:707

0

J0ðv�Þe iu� 2=2�d�
����

�
Z 0

0:707

J0ðv�Þe iu� 2=2�d�
����
2
)
:

ð4:5Þ
The ¯rst term in Eq. (4.5) is the maximal excitation
intensity when Hðr; tÞ ¼ �0, and the second term
corresponds to the minimum excitation intensity
when Hðr 62 R2; tÞ ¼ �0 þ �.

The excitation point spread function (PSF) are
compared in Fig. 5. The focal point is around
400�m (or 4ls) below the medium surface in this
example. The equivalent PSF for FMM (Fig. 5(a))
is di®raction limited. For CM, the ballistic excita-
tion rate (Fig. 5(b)) is also di®raction limited.
However, the scattered excitation rate is widely
distributed in the medium (Fig. 5(c)) and is the
main source of background.

FMMandCM share the same detection light path
so the detection PSF is identical for both methods. It
is essentially the di®erence in the excitation PSF
that leads to signi¯cantly improved background re-
jection in FMM. As shown in Fig. 6, the SBR for
FMM decreases moderately by less than 13 dB when
the imaging depth increases from 100�m to 900�m.
It is evident that FMM can provide a respectable
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SBR even for an imaging depth over 1mm. This is in
sharp contrast to CM, for which the SBR decays
rapidly with increasing depth. The SBR for CM falls
below 0 dB for an imaging depth beyond 250�m,
which is a typical penetration depth for CM.

Another important issue in FMM is the SNR.
The noise °oor is fundamentally limited by shot
noise, which depends on the magnitude of the dc
component in the emission light captured by the
pinhole detector. The FMM signal intensity, on
the other hand, is determined by the amplitude of
the ac component.

The modulation depth in FMM is de¯ned as

M ¼ Iac
Idc

: ð4:6Þ

The dc component Idc is proportional to the
mean power of excitation light delivered to the
sample. In practical situations, the excitation power
needs to be maintained at the lowest possible level
to reduce photobleaching and photo toxicity. In
addition, Idc contributes to shot noise, which cannot
be completely eliminated by ¯ltering. Consequently,
it is desirable to maximize the modulation depth M
for the best SNR. This can be achieved by optimal
design of the STPM, or more speci¯cally, the
aperture con¯guration.194

Illustrated in Fig. 7 are a few aperture con¯g-
urations that are relatively inexpensive to fabricate.
The relative phase delay ’ðtÞ between the white and
dark regions varies from 0 to �. All the apertures are
so designed that the total area of the white regions
is equal to that of the dark regions. Figure 8 shows
the simulation results of e®ective illumination PSFs

Fig. 5. (a) FMM equivalent PSF compared with (b) the bal-
listic excitation rate and (c) scattered excitation rate of CM.

Fig. 6. SBR of FMM (circles) and CM (asterisks) as a function
of imaging depth.

(a) (b) (c)

Fig. 7. Annular (a), fan-shaped (b), and stripe-shaped (c)
apertures.

Advanced optical microscopy

1440001-13

J.
 I

nn
ov

. O
pt

. H
ea

lth
 S

ci
. 2

01
4.

07
. D

ow
nl

oa
de

d 
fr

om
 w

w
w

.w
or

ld
sc

ie
nt

if
ic

.c
om

by
 1

03
.2

40
.1

26
.9

 o
n 

10
/2

1/
18

. R
e-

us
e 

an
d 

di
st

ri
bu

tio
n 

is
 s

tr
ic

tly
 n

ot
 p

er
m

itt
ed

, e
xc

ep
t f

or
 O

pe
n 

A
cc

es
s 

ar
tic

le
s.



for annular apertures of two zones (Fig. 7(a)), four
zones (Fig. 7(b)), and six zones (Fig. 7(c)). Dis-
tributions in the focal plane (X–Y ) are provided in
the top row while the cross-sectional distributions
are included in the bottom row.

The modulation depths are summarized in
Table 1. Generally the modulation depth tends to
increase with an increasing number of zones. How-
ever, the improvement from four-zones to six-zones
becomes less signi¯cant. In addition, the annular
aperture is the best among all, and the stripe shape
is better than the fan shape.

4.2. Design of spatiotemporal phase
modulator

As revealed by theoretical studies, the STPM design
has a profound impact on the performance of FMM.
Over the past few years, several versions of STPM
havebeen proposed and reported.

The ¯rst ever FMM system was based on a very
simple STPM consisting of two mirrors with parallel
re°ective surfaces.192 Each mirror re°ects half of the
illumination beam. One of them is mounted on a
stationary base, while another is glued on a PZT
actuator. The PZT actuator is driven by a periodic

voltage signal so as to introduce a time-dependent
phase shift. There are two major problems related
to this simple implementation. First of all, the res-
onant frequency of PZT actuators are usually less
than tens of kHz, which fundamentally limits the
minimum signal acquisition time per pixel to the
order of 1ms. This is too slow in comparison with
most confocal microscopes. Second, the parallelism
of the two mirrors is di±cult to maintain over long
periods of time.

The tilting plate phase modulator successfully
solved the parallelism problem.195 Its structure is
shown in Fig. 9. A glass plate mounted on a gal-
vanometer is inserted into the optical path, bisect-
ing the light beam in half. This subjects half of the
optical beam to a phase delay determined by the
tilting angle, while the remaining portion remains
unperturbed. Given that the glass plate surfaces are
parallel and homogenous, the two half beams can be
kept parallel to one another. However, such an im-
plementation of STPM is still limited by the reso-
nant frequency of the galvanometer.

Acousto-optic modulators (AOMs) are known to
be able to provide frequency shifts of up to a few
hundred MHz. Nevertheless, the commercially
available AOMs do not provide spatially separated
modulation of the illumination beam. A high-speed
STPM (Fig. 10) that includes two AOMs was pro-
posed in 2010.196

The coherent illumination beam from the laser is
¯rst split by a beam splitter into two sub-beams that
then pass through two AOMs (M080-2B/F-GH2)
with slightly di®erent resonance frequencies (i.e. f1

Table 1. Modulation depth.

Number of zones Annular Fan-shaped Stripe-shaped

2 0.4395 0.3525 0.3525
4 0.7175 0.5746 0.6199
6 0.8228 0.6948 0.7353

Fig. 8. E®ective illumination PSFs for annular apertures.
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and f2). The ¯rst-order di®racted sub-beams are
Doppler shifted by f1 and f2 on each pass. They are
re°ected with a slight lateral displacement using
retro-re°ectors to return to the sameAOMs and then
are recombined at beam splitter, when the Doppler
frequency shifts are doubled. Part of the combined
beam is directed towards a ¯ber-optic photodetector,
which generates a reference signal at the optical beat
frequency of 2ðf1 � f2Þ. The remaining part of the
modulated laser beam is directed to the scanning unit
of a conventional CM (e.g., Olympus FV300). In the

setup reported inRef. 196, the resonant frequencies of
the two AOMs are 75 and 80MHz, respectively,
resulting in a FMMmodulation frequency of 10MHz
in the °uorescence emission. The 10-MHz modula-
tion frequency is adequately high for demodulating
the FMM signal and forming FMM images in real
time. In principle, one can remove one the AOMs so
that the corresponding sub-beam is not frequency
shifted. Consequently, the FMM modulation fre-
quency will be greater than 100MHz.While this may
be useful for °uorescence lifetime imaging, it can in-
troduce additional signal attenuation, depending on
the PMT time response and the lifetime of the °uo-
rescence molecules.

While AOM-based STPM provides a viable ap-
proach for real-time acquisition of FMM images,
there are two major technical drawbacks. First,
AOMs are wavelength-dependent devices. Optical
realignment is required when switching the illumi-
nation laser wavelength. Second, the two sub-beams
do not ¯ll the entire aperture and the resultant
modulation depth (� 0:25) is nonideal.

The latest STPM design is based on EOM or
electro-optical modulator, which is a high-speed
phase modulation device.191 An EOM does not alter
the light propagation direction. However, its phase
modulation is polarization dependent. Figure 11(a)
shows the design of a STPM. The major compo-
nents of the STPM include an EOM and a few po-
larization optical components. The excitation light
enters the EOM with its polarization at 45� with
the modulation axis (Y ) of the EOM driven by a
high frequency (f0 ¼ 9:85MHz) sine wave signal.
The horizontal component of the excitation beam is
phase modulated at f0 while the vertical component
(of equal power) is subject to a constant phase
delay. The EOM is followed by a spatial polarizer
for spatial separation of the modulated and the
nonmodulated excitation light. An example imple-
mentation of the spatial polarizer is shown in
Fig. 11(b). It selectively passes vertically polarized
(nonmodulated) or horizontally polarized (modu-
lated) excitation beam. The second polarizer P2
following the spatial polarizer projects the modu-
lated and nonmodulated ¯elds on to the same
polarization axis so that they can interfere with
each other when converging to the focal point.

The EOM-based STPM enjoys many advantages
such as high-speed, °exible aperture con¯guration
(enabling high modulation depth), and compatibil-
ity with multiple excitation wavelengths.

(a)

α

(b)

Fig. 9. (a) Glass plate mounted on a galvanometer, inter-
secting half of the excitation beam whose cross section is indi-
cated by the gray circle. (b) Beams passing (solid lines) or by
passing (dashed lines) the glass plate have an optical path
length di®erence that is tilting angle dependent.

Fig. 10. A STPM comprised of two AOMs.

Advanced optical microscopy
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4.3. Imaging performances

The main advantage of FMM over conventional
CM is the additional background rejection mecha-
nism o®ered by focal modulation, which can en-
hance the signal to background ratio and imaging
depth.193,197 Other than imaging depth, it has been
found that FMM also helps improve the spatial
resolution.198,199 The improvement in depth imag-
ing can be explained by noting that the excitation
beams cross only in the focal region, similar to the
methods of angular gating discussed in Sec. 1.5.61–63

Hence optical sectioning results from a combination
of confocal and angular gating. However, unlike the
divided aperture system, where the two sub-aper-
tures are in the illumination and detection paths,
the two sub-apertures are both in the illumination
path. The coherence of the illumination of the two
sub-apertures means that the resolution is deter-
mined by the size of the complete aperture. Actu-
ally, spatial resolution can be better than in CM,
because the system can be thought of as a scanning
structured illumination microscope.198

One of the advantages of FMM over established
deep imaging microscopy methods, i.e., multi-pho-
ton microscopy and OCM, is its compatibility with
multiple contrast mechanisms. MPM is compatible
with °uorescence only, while OCM can only detect
re°ectance or backscattering. FMM, on the other
hand, is compatible with most contrast mechanisms
including single-photon °uorescence, two-photon
°uorescence, and re°ectance/scattering.

Multi-contrast imaging of biological sample was
demonstrated using the latest FMM system.191

FMM °uorescence/scattering images (tilted 3D
projection) of an Epipremnum Aureum leaf are
shown in Fig. 12. The leaf was placed in a glass-
bottom dish and its top surface was facing down
against a glass coverslip. Distilled water was added

to the dish for refractive index matching. The mi-
croscope was operated in the XYZ mode for ac-
quiring 3D image stacks from 71 to 150�m. The
image acquisition speed was 8�s per pixel. A 40x/
1.1 water immersion objective lens (441857-9970-
000, Carl Zeiss) was used in the imaging experi-
ments. The red channel corresponds to auto-
°uorescence from chloroplasts (excited by a 488 nm

Fig. 11. (a) A STPM is inserted in the excitation light path of an Olympus FV300 confocal microscope for FMM imaging.
(b) A six-zone spatial polarizer that selectively passes horizontally polarized light (white zones) or vertically polarized light (gray
zones). HWP: Half wave plate; SP: spatial polarizer; PA: polarization analyzer.

(a)

(b)

Fig. 12. FMM °uorescence (a) and scattering (b) images.
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blue laser) and the green channel is related to cell
membranes and intracellular organelles that scatter
or re°ect the excitation light at 559 nm. It is obvious
that the sub-cellular features revealed by both
contrast mechanisms were perfectly aligned.

Quantitative comparisons of background rejec-
tion were made using a tissue phantom as the
sample, in which TiO2 nanoparticles are included as
microscopic scatterers.196 An Olympus LUC-
PLANFLN 20x/0.45 NA objective was used to ob-
tain the backscattering images. Figures 13(a) and
13(b) are CM and FMM images, respectively, at a
depth of 320�m. The FMM image appears to have
structures more clearly distinguishable. The plot at
the bottom of each image is the intensity pro¯le
along the white line. It is evident that the back-
ground level in the CM image is elevated, more
noticeably within the cluster.

For the region of interest indicated by the square
boxes in Fig. 13, spectral analysis was performed for
both CM and FMM images. One can see from Fig. 14
that the high frequency components (> 1 cycle/�m)
intheFMMimageareabout13 dBstrongerthanthose
in the CM image. This can be translated to a 13 dB
improvement in the signal to background ratio pro-
vided by FMM.

Surprisingly, the best FMM imaging depth in
biological tissue was reported in the ¯rst paper on
FMM.192 Chicken cartilage was used as the sample
tissue. Chondrocytes were stained with DiD
(DiIC18(5), Invitrogen Corp.), a lipophilic tracer
for cell membrane labeling. CM and FMM images
were obtained using the ¯rst prototype FMM
system.CM imagequality becameunacceptable after
the imaging depth was greater than 300�m. How-
ever, the FMM image at 500�m depth (Fig. 15(a))

(a) (b)

Fig. 13. (a) CM and (b) FMM images of cluster of TiO2 nanoparticles. The plot at the bottom of the images shows the intensity
pro¯le of the white lines in the images. Peaks are more distinct with better contrast can be observed.
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provided detailed information with sub-micron spa-
tial resolution and excellent contrast. It was still
possible to visualize cellular structures around
600�m (Fig. 15(b)). Beyond 600�m the shot noise
associated with the background started to over-
whelm the FMM signal. It should be noted that the
image acquisition time was relatively long for FMM
images shown in Fig. 15. This was due to the low
modulation frequency (� 5 kHz) of the dual-mirror
SPTM.

4.4. Two-photon FMM

Two-photon excitation has unique characteristics
that make it very attractive for biomedical imaging,

especially in thick samples.200,201 The imaging
depth of two-photon microscopy is fundamentally
limited by the onset of out-of-focus °uorescence
generated near the top surface of the sample.202 One
way to increase the penetration depth is simply to
increase the laser average power. However, in-
creasing the laser average power can lead to satu-
ration of the excitation, photobleaching, and
photodamage. Other methods include reducing the
laser repetition rate203 and using longer excitation
wavelengths.129,131–133 Recently, Leray and Mertz
developed a di®erential aberration two-photon
microscopy using a deformable mirror to further
reject out-of-focus background. However, because of
the limited frame rate, subtraction cannot fully

(a)

(b)

Fig. 14. Normalized spatial spectra in cycle/�m of the region of interests labeled by square boxes in Fig. 13(a) and 13(b) showing
the spatial frequency components of (a) CM and (b) FMM respectively.
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eliminate the background.204 This limitation can be
overcome by the focal modulation technique, which
has been discussed in detail in previous sections.

Theoretical study has been carried out to inves-
tigate the feasibility of two-photon focal modulation
microscopy (2PFMM). It was based on a similar
theoretical model reported in Ref. 193, except the
nonlinear dependency of excitation rate on light

intensity.205 Figure 16 shows the SBR of 2PFMM
versus 2P °uorescence microscopy, as a function of
focus depth z0. When the focal depth is less than 3ls,
the SBR of either 2PFMM or conventional two-
photon °uorescence microscopy is almost constant.
However, the SBR is approximately 7 dB higher in
2PFMM than that in 2PM. When the focal depth
is larger than 3ls, the SBR in conventional 2P
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Fig. 15. FMM images obtained from (a) 500 microns and (b) 600 microns in depth.

Fig. 16. The signal to background ratio of 2PFMM and 2PM as a function of focal depth z0. Simulation parameters are:
ls ¼ 200�m, n ¼ 1:33, NA ¼ 5=9, and � ¼ 0:9�m.
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°uorescence microscopy begins to decay signi¯-
cantly as the near-surface background °uorescence
and scattered light comes into play. In contrast, the
SBR in 2PFMM remains nearly constant until the
focal depth reaches 7ls. This indicates that the
scattered-light excited °uorescence plays a less im-
portant role to the background in 2PFMM. If the
imaging depth is SBR limited, it can be improved
by a factor of 2–3 (depending on the anisotropy
factor g) by integrating focal modulation into a two-
photon microscope.

5. Conclusion and Outlook

MPM and OCM are well established as deep tissue
imaging methods. However, there have been con-
siderable e®orts to further enhance their perfor-
mance. Future prospects for OCM and MPM lie in
the development of higher power and ultra-broad-
band light sources, new interferometric con¯gura-
tions, and faster scanning techniques. FMM is a
relatively new imaging modality and has the
potential to become a useful tool for a wide range of
biomedical imaging applications.

Adaptive optics will play a signi¯cant role in
future development of imaging techniques for highly
scattering media and deeper imaging through thick
samples. Aberrations induced by the sample are
universal problems that a®ect all types of light
microscopes. However, the e®ects are most detri-
mental when the imaging depth goes beyond a few
layers of cells, leading to low contrast and poor
resolution. The best imaging depth of FMM has
been demonstrated with chicken cartilage, which is
relatively more homogeneous than other tissue
types. It is, therefore of great importance to correct
for the aberrations so that the optimal performance
of deep tissue imaging can be obtained. There are
still many challenges that prevent adaptive optics
from being successfully incorporated as a useful
feature into microscope to correct for aberrations.
While real-time adaptive optics for FMM and two-
photon microscopes is desirable, it would only be
possible with improved aberration measurement
schemes and faster correction devices.
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