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Scattering effect on the imaging depth limit
in two-photon fluorescence microscopy

E.A. Sergeeva

Abstract. A model for the propagation of a focused light
beam in a strongly scattering medium is used to analyse
various factors that limit the capability of two-photon
fluorescence microscopy (TPFM) to image deep sections of
optically thick biological specimens. The TPFM imaging
depth is shown to be limited by three main factors: (1) beam
broadening as a result of multiple small-angle scattering,
leading to a loss of submicron lateral resolution; (2) strong
near-surface fluorescence at large imaging depths as a result
of the increase in average source power in order to
compensate for scattering losses; (3) reduction in useful
two-photon fluorescence signal level because of the exponen-
tial attenuation of the excitation power. The influence of
these factors is examined in a small-angle diffusion
approximation of radiative transfer theory. The first two
of them are shown to set a fundamental TPFM limit, whereas
the last is an instrumental limitation and appears to be the
most critical to state-of-the-art commercial two-photon laser
scanning microscopy systems for the vast majority of
fluorophores in current use.

Keywords: two-photon fluorescence microscopy, multiple scatte-
ring, radiative transfer theory, small-angle diffusion approximation.

1. Introduction

Two-photon fluorescence microscopy (TPFM), first pro-
posed and implemented in 1990 as a modernisation of laser
scanning microscopy [1], is among the most promising
techniques for submicron-resolution three-dimensional (3D)
imaging of the structure of strongly scattering objects
(predominantly of biological tissues) [1 —4]. In this method,
a fluorophore in the specimen to be studied is nonlinearly
excited through absorption of two photons in the range
700—-1000 nm, followed by emission of a photon in the
visible range. Compared to confocal laser microscopy,
TPFM offers a greater imaging depth in biological tissues
[3—6], with spatial resolution at the level of a fraction of a
micron and high image contrast even without pinhole
detection. These advantages are ensured by excitation with
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near-IR radiation, which is more weakly scattered in
biological tissues than is visible light, and by the local-
isation of the two-photon fluorescence excitation within the
focal volume of a highly focused excitation beam, i.e., in the
peak intensity region. The two-photon excitation of
fluorophores in biological specimens is usually provided
by femtosecond pulses of Ti:sapphire laser sources tunable
in the wavelength range 700—1000 nm, with a pulse
duration of about 100 fs and a repetition rate of about
100 MHz. At an average power in the focal volume below
10 mW, the pulse peak power reaches kilowatts, which
enables effective excitation of both highly fluorescent
chemical markers and weakly fluorescent endogenous
fluorophores [3, 7].

At the same time, the imaging depth limit in TPFM is
substantially smaller than that in optical coherence tomog-
raphy (OCT), another method widely used for micron-
resolution imaging of the structure of biological tissues.
The OCT imaging depth is known to be limited by multiple
small-angle scattering effects and the increased contribution
of large-angle scattering. These effects are important at
depths exceeding 10— 15 photon mean free paths between
individual scattering events, i.e. exceeding the transport
length [8, 9]. In the transmission window 600—1200 nm,
this quantity ranges from several hundred microns in dense
biological tissues and skin to millimetres in mucous tissue
[10]. At the same time, when conventionally stained speci-
mens are examined using a typical commercial laser
scanning microscopy system, the maximum TPFM imaging
depth does not exceed 600 pm [4, 5]. This implies that the
broadening of the focused beam is not the main factor
limiting the TPFM imaging depth.

The TPFM imaging depth may also be limited by strong
near-surface fluorescence. The unscattered light power at the
excitation beam focus in a turbid medium drops exponen-
tially, following the Lambert — Beer law [11]. To compensate
for these losses, the excitation power in the focal volume
should be raised at least to the milliwatt level. The local
excitation intensity far away from the focal point but near
the specimen surface may then approach the focal intensity,
which may cause images corresponding to different depths
to superimpose on one another. Theer and Denk [12]
suppose that the TPFM imaging depth is ultimately limited
by near-surface fluorescence. The attenuation of the useful
signal because of the exponential drop in its power may
however be a more stringent limitation.

This paper analyses all the above factors limiting the
TPFM imaging depth in scattering media. The main factor
limiting the imaging depth is identified for various types of
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fluorophores, and the imaging depth is estimated. The effect
of multiple small-angle scattering on the shape of a focused
beam is examined within a small-angle diffusion approx-
imation, which is applicable when the beam divergence
exceeds the width of the small-angle part of the scattering
phase function. The numerical characteristics used in the
present calculations correspond to state-of-the-art commer-
cial two-photon laser scanning microscopy systems.

2. Materials and characterisation techniques

2.1 Calculation of the two-photon fluorescence signal

The feasibility of nonlinear excitation of a fluorophore at
wavelength A, can be quantified using the two-photon
absorption  cross  section, X,(d), measured in
em* s photon™! [13]. Two-photon fluorescence calculations
more often use the two-photon action cross section, X5,
equal to the product of X, and the two-photon fluorescence
quantum yield. Near-IR X5 spectra have been measured for
a wide range of organic fluorophores that are used in
TPFM. The two-photon absorption cross section ranges
from 1073 GM (1IGM = 107> em* s photon™') in endoge-
nous biological fluorophores (riboflavin, NADH) to
10* GM in colloidal quantum dots [2, 14, 15]. As shown
by Xu and Webb [13], the number of fluorescence photons
emitted per unit time from the focal volume of a focused
femtosecond laser beam can be found as

a5 P
u="200G | B n

where P, is the average excitation power (measured in
photons s, like u): 7 is the excitation pulse duration; « is
the pulse shape factor (¢ =1 for a rectangular pulse and
o = 0.4 for a Gaussian pulse); F is the pulse repetition rate;
Cy is the fluorophore concentration averaged over the focal
volume; and I, is the focal intensity profile of an excitation
beam of unit power, which meets the normalisation
condition f[ex(rL,z)der =1 (Fig. 1). Relation (1) is
valid for nonscattering media and does not take into
account two-photon absorption saturation effects. If a
beam focused to depth z; has the Gaussian intensity profile
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is the square of the 1/e diameter of the Gaussian beam at
different z levels; n is the refractive index of the medium
and NA is the numerical aperture of the focusing objective,
relation (1) takes the form
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Figure 1. Geometry of the focused excitation beam.

The two-photon fluorescence signal measured by a photo-
detector is proportional to the product of the number of
photons, u, and the collection efficiency of the detector
system, which depends on the numerical aperture of the
objective, the transmittance of the optical components and
the size of the confocal pinhole at the detector [16, 17]. To
describe the two-photon fluorescence signal from a
scattering medium at the maximum size of the confocal
pinhole, it is sufficient to examine the scattering effect on
the fluorescence excitation efficiency. To this end, (2) and
(3) should be corrected to include the excitation intensity
attenuation by single scattering events and the effect of
multiply scattered photons.

2.2 Imaging depth limit set by excitation beam broadening

Scattering causes photons to deviate from their original
trajectories, leading to beam broadening at large depths.
The propagation of a focused beam in a strongly scattering
medium can be described analytically in terms of the
radiative transfer theory [11]. The scattered beam intensity
in soft biological tissues, where small-angle scattering of
near-IR radiation prevails, can be determined in the small-
angle diffusion approximation of the radiative transfer
theory [18, 19]. The variance of the small-angle part of the
scattering phase function, (62>, for biological tissues is
typically within 0.2 [10], and linear absorption effects can
be neglected at lengths of up to several millimetres. When
the numerical aperture of the objective lens is above 0.5, the
width of the angular photon distribution exceeds that of the
forward-scattering lobe of the scattering phase function for
biological tissues, and the small-angle diffusion approx-
imation can be used even at small scattering depths. We will
take advantage of a refined small-angle diffusion approx-
imation, in which the total beam intensity at depth z in a
scattering medium with a scattering coefficient g is the sum
of the attenuated unscattered light intensity (ballistic
component) and the scattered component [20]:
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Here, S; is the variance of the scattered light distribution,
which depends on parameters of the beam and medium:
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Figure 2 illustrates the effect of focusing depth, z;, on the
net focal intensity and its two components, and Fig. 3
shows the transverse profiles of the intensity components
around the focal point. At small focusing depths, the
ballistic component prevails, but with increasing depth an
increasingly larger fraction of the beam energy is converted
to the scattered component. For pugzy > 10, the focal
intensity is dominated by scattered photons. The spatial
resolution of TPFM is determined by the beam waist width.
In the region where the ballistic component prevails, the
lateral resolution is determined by the diffraction limit,
0.612./NA. At the depths where the scattered component
prevails, the beam waist size is determined mainly by the
transverse distribution of multiply scattered photons and
considerably exceeds the diffraction limit (Fig. 3). The
imaging depth where TPFM loses submicron resolution, z;,
can be estimated as the depth where the intensities of the
ballistic and scattered components near the focal point are
comparable. Then, we have

NA?
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The value of z; depends on parameters of both the
scattering medium and excitation beam, but these depend-
ences cannot be obtained in analytical form because
Eqn (6) is transcendental. The effect of scattering param-
eters on z; is analysed graphically in Section 3.
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Figure 2. Intensity components at the waist of a highly focused

excitation beam vs. focusing depth in a scattering medium. Excitation
wavelength A, = 800 nm; average refractive index of the medium
n = 1.33; numerical aperture of the focusing objective NA = 0.8; scatte-
ring coefficient of the medium yu, = 10 mm™'; scattering anisotropy
factor g = 0.95.
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Figure 3. Transverse intensity profiles at the waist of a highly focused
excitation beam at different focusing depths in a scattering medium; the
same parameters of the beam and medium as in Fig. 2.

2.3 Imaging depth limit set by near-surface fluorescence

One of the key advantages of TPFM over confocal
microscopy is that there is no background signal even
without pinhole detection. In a transparent medium, only
near the focal point is the local intensity high enough for
effective nonlinear excitation of the fluorophore. In the case
of larger imaging depths and strongly scattering media, it is
necessary to compensate for the energy loss in the ballistic
component and raise the incident beam power. This
increases the near-surface intensity to an extent that the
two-photon fluorescence excitation efficiency in the near-
surface region approaches that around the focal point
(Fig. 4), producing an additional image, which hinders the
imaging of deeper layers [12, 21]. The focusing depth at
which this effect becomes significant, z,, can be determined
from (4) by a numerical analysis of the net intensity profile
along the beam axis. The plot of z, against the scattering
coefficient of the medium is presented in Section 3.

2.4 Imaging depth limit set by the useful signal level

The above imaging depth limits are inherent to TPFM.
These limits cannot be overcome by raising the excitation
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Figure 4. Intensity profiles along the axis of the excitation beam focused
to different depths in a scattering medium; the same parameters of the
beam and medium as in Fig. 2. At a focusing depth of 1200 pum, the focal
intensity is comparable to the intensity at 300 pm depth.
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power or enhancing the collecting power of the imaging
system. They, however, may turn out to be secondary when
the useful fluorescence signal is weak, approaching the
detector noise level. In laser scanning microscopy, the
contrast of an individual pixel is determined by the number
of fluorescence photons detected during the signal acquis-
ition from one point of the medium relative to the
photodetector noise. The photodetector noise is mainly
due to the shot effect, and its amplitude is proportional to
the square root of the signal [22,23]. To reach the minimum
acceptable signal-to-noise ratio, the number of useful
fluorescence photons per pixel, Ny;,, must be at least ten
[23]. The number of detected photons can be determined as
the product of the number of fluorescence photons (3), the
signal acquisition time per pixel (Az) and the collecting
power of the detector system (). The last parameter
depends on the numerical aperture of the objective lens, the
transmission of the optical components in the fluorescence
imaging system (dichroic mirrors and filters) and the size of
the confocal pinhole at the detector. If a laser scanning
microscopy system is equipped with a nondescanned
detector” [21], the collecting power is determined mainly
by the objective aperture and can be estimated as the
fraction of fluorescence photons (with an isotropic angular
distribution over the full solid angle 4n) in a cone with an
opening angle o = arcsin (NA):
2n(1 — cos o)

1 —v1—NA?
n= = .
47 2
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The number of useful photons that form an individual pixel
can be found as

NiocZ;C(,sz 1 —v1—NA?
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Therefore, at particular parameters of the instrument (o, T,
F, Jo, NA, Ar) and fluorophore (C,, 25), the focal
excitation power needed to produce the minimum necessary
number of fluorescence photons is given by

At aX3Cymnl—V1I-NA?]""?
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At the same time, the excitation power is limited by
noninvasivity requirements. Laser safety standards [10] set
the maximum energy density of short-time irradiation and
the average laser radiation power for a given exposure time.
The fluence 1 J cm 2 is considered a threshold above which
various types of damage to biological tissues are possible,
from thermal degradation to nonlinear optical breakdown,
depending on the exposure time [6]. The energetic character-
istics of a pulsed laser beam highly focused deep into a
medium should meet two conditions: one must avoid optical
breakdown by a single 100-fs pulse around the focal point,
where the beam intensity is high, whereas on the specimen

“Nondescanned detection means that, after the objective, the fluorescence
signal enters directly the photodetector, without passing through scanning
mirrors or a confocal pinhole. This allows one to avoid additional losses of
the weak useful signal under nonlinear fluorescence excitation, when even
scattered photons carry useful information.

surface, where the intensity is low, one should prevent
excessive overheating of the biological tissue by prolonged
beam scanning over the same region. At a maximum
permissible laser fluence of 0.1 J cm ™2, the average power
in the waist should not exceed 10 mW, and that on the
specimen surface at an exposure time of a fraction of a
second should be no higher than several hundred milliwatts.
This limit to the average power at the focal point correlates
with experimental data [24, 25]: in TPFM examination of
cell culture, beam powers above 10 mW lead to irreversible
cell damage and mass death. In view of this, we will take
Pf =10 mW as the maximum power at the focal point and
Py =100 mW as the maximum permissible power on the
specimen surface.

The focal power (at depth z = z;) in a scattering speci-
men and the power on its surface are related by the
Lambert — Beer law [11]:

Py = Py exp(—uzp). (10)
As a result, the imaging depth limit set by the low useful
signal level, z3, can be evaluated from (9), (10) and the
maximum power at the boundary:

1
=—In
S

PS\/Mi(I—VI—NAz) (11)
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In the case of low X, or low fluorophore concentration,
the Py determined from (9) may exceed the maximum
permissible value P{. This situation means that, when
the noninvasivity requirements are met, the minimum
necessary useful signal level cannot be reached in the
specimen. The simplest solution to this problem is to
increase the signal acquisition time, but this may lead to
fluorophore photobleaching [17] and surface heating [10]. A
quantitative analysis of z3 values for particular dyes and
approaches for increasing the imaging depth are presented
in Section 3.

3. Discussion

The above section considered three factors limiting the
TPFM imaging depth and presented relations for the
corresponding maximum depths: z;, z, and z3. To find out
which factor plays a key role in studies of a particular
specimen, consider the dependence of z; — z3 on the photon
mean free path between scattering events (scattering
length): [, =1/p,. A scattering medium is commonly
described by its scattering coefficient u, and the average
cosine of the scattering angle g (anisotropy factor of the
scattering phase function). Small-angle diffusion approx-
imation formulas, however, contain another single-
scattering characteristic: the variance of the small-angle
part of the phase function, (0?). To find the relation
between these statistical characteristics, consider the
Henyey — Greenstein scattering phase function [26, 27]

1-g°
[1+g?—2gcos0)

pHG(H) = 3/2°
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normalised as follows: %jon Pucg(0) sin 6d0 = 1,where 0 is the
scattering angle. To assess the small-angle part of the
Henyey — Greenstein phase function, it can be approximated
by a two-component phase function that comprises small-
angle (p;) and isotropic parts in implicit form [28]:

Puc(0) ~gpi(0) + (1 —g). (12)
With this approximation, the small-angle part p;, which
contributes to the scattering within the forward hemisphere,
well represents the highly directional part of the Henyey—
Greenstein phase function. The variance of the small-angle
part is the second moment of the function p;, with the
integration over the forward hemisphere: 0 € [0;7/2]. For
anisotropy factors above 0.7, the following asymptotic
relation between (9?) and g can be derived:

(0%) =~ (1-g). (13)
The other parameters needed to calculate z; — z3 should
correspond to the instrumental characteristics of standard
laser scanning microscopy systems equipped with pulsed
Ti:sapphire laser sources. The specimen is excited at a
wavelength 1., = 800 nm using a water immersion objective
with a numerical aperture NA = 0.8. The excitation pulse
duration is t =100 fs, the pulse repetition frequency
F =100 MHz, the shape factor for a Gaussian pulse
=04 and the signal acquisition time per pixel
At =3 ps. The value of z3; will be evaluated for three
types of fluorophores: an endogenous substance (NADH), a
common organic fluorophore (fluorescein) and semicon-
ductor nanocrystals (quantum dots) — a new class of
markers for laser scanning microscopy. The following near-
IR two-photon action cross sections were reported for these
fluorophores: Z\apy = 0.01 GM [2], 2¢, = 100 GM [13]
and X5pg = 2 x 10* GM [15]. According to published data,
typical intracellular concentrations of exogenous fluoro-
phores are 10> to 10" mL™' [29-31], and the NADH
concentration reaches 10" to 10! mL™! [32, 33].

Figure 5 plots the TPFM imaging depth limits z; and z,,
set by beam broadening (z;) and near-surface fluorescence
(z,), against photon mean free path, [, in a scattering,
nonabsorbing medium. Also presented in Fig. 5 are data for
a depth equal to the transport length, /, = [ /(1 — g), which
separates the small-angle and diffuse scattering regions. It
can be seen that TPFM loses submicron resolution at
approximately the same depth where the informative image
from the focal region begins to blur because of the near-
surface fluorescence. In other words, neither of the funda-
mental TPFM limits can be considered predominant: both
the z; and z, imaging depth limits lie in the range 10—15
scattering lengths and are close to /. Therefore, the range of
TPFM imaging depths in moderately scattering media can
theoretically be extended to 1-2 millimetres.

At the same time, the instrumental limitation on the
TPFM imaging depth by the low useful signal level (z3)
proves the most important. Figure 6 plots z3 against photon
mean free path for the three fluorophores above at typical
TPFM conditions and realistic parameters of biological
specimens. As seen, the instrumentally limited TPFM
imaging depth is within 2/, for the exogenous organic
fluorophore (fluorescein) and 5/ for the brighter colloidal
quantum dots. Biological tissues range in near-IR / from 30
to 200 um, which corresponds to a scattering coefficient
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Figure 5. Maximum two-photon fluorescence microscopy imaging
depths limited by beam broadening (z;) and strong near-surface fluores-
cence (z,) vs. scattering length in a medium with an anisotropy factor
g=20.9 (a) and 0.95 (b). Excitation wavelength A, = 800nm, average
refractive index of the medium » = 1.33, numerical aperture of the
focusing objective NA = 0.8. The solid lines show the transport length.

te =5—30 mm~'. Therefore, the instrumental limit of

TPFM is 60-400 pum for organic fluorophores and
150-1000 pm for quantum dots (depending on the type
of biological tissue). The excitation power P; needed to
generate the minimum useful signal is about 10 mW for the
organic fluorophore and about 5 mW for quantum dots.
Thus, quantum dots used as fluorescent probes reduce the
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Figure 6. Maximum two-photon fluorescence microscopy imaging depth
limited by the low useful signal level for three types of fluorophores:
NADH (concentration, 10" mL™"), fluorescein (concentration,
2x10% mL™") and colloidal quantum dots (QDs; concentration,
2 x 10" mL™"). Excitation wavelength /., = 800nm, average refractive
index of the medium 7n = 1.33, numerical aperture of the focusing
objective NA = 0.8.
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probability of specimen photodamage in the focal region. At
the same time, the average power in specimens labelled with
quantum dots should be maintained below 5 mW. Other-
wise, the two-photon absorption in the quantum dots may
saturate, cancelling out the gain in imaging depth and
adversely affecting the spatial resolution [2, 34]. The two-
photon fluorescence signal of endogenous fluorophores with
a two-photon absorption cross section of the order of
0.01 GM is difficult to detect at concentrations below
10" mp~! because, even at an excitation power of
10 mW, no photons may reach the detector during the
signal acquisition time. At much higher concentrations (e.g.
in mitohondrial accumulations), the two-photon fluores-
cence signal of an endogenous fluorophore may approach
the fluorescence signal of moderately bright organic dyes
(Fig. 6). This enables imaging of unstained biological tissues
using their two-photon autofluorescence at depths exceeding
the photon mean free path. On the other hand, autofluor-
escence from regions with an increased endogenous
fluorophore concentration may hinder the observation of
two-photon fluorescence of exogenous dyes that label
particular elements of cells or biological tissues. To avoid
this, one should either detune the fluorophore —fluorophore
excitation wavelength from two-photon autofluorescence or
select dyes that differ markedly in fluorescence spectrum
from endogenous fluorophores.

Note that the z; values calculated by Eqn (11) and
presented in Fig. 6 should be viewed as approximate
because they were obtained for some average fluorophore
concentrations. In each particular case, the local concen-
tration may be substantially higher or lower, depending on
fluorophore accumulation features. According to (11),
however, changes in concentration by several times will
cause changes in z3 by only a few or tens of percent. The z;
limit can be considerably raised by increasing the inverse of
the pulse duty factor, S = (tF)~', and hence the excitation
peak power, while maintaining the average power
unchanged. This can be achieved by reducing the repetition
rate of femtosecond pulses using a regenerative amplifier as
the excitation source. State-of-the-art regenerative amplifiers
enable a reduction in pulse repetition rate by three orders of
magnitude [35]. The peak power rises, however, in pro-
portion to the inverse of the pulse duty factor, with a
substantial increase in the probability of optical breakdown
of the biological specimen in the focal region because, at an
average focal power in the milliwatt range, the local
intensity exceeds 10 TW cm 2. With no consideration for
the possibility of nonlinear photodamage to biological
tissues, the use of a regenerative amplifier enables the
instrumentally limited TPFM imaging depth in specimens
labelled with colloidal quantum dots to be increased to 8/,
which approaches the fundamental TPFM limits set by z;
and Zy.

4. Conclusions

This work has examined three main factors that limit the
imaging depth in two-photon fluorescence microscopy of
strongly scattering biological tissues. Two fundamental
limitations are identified, one related to the influence of
multiple small-angle scattering on the shape of the highly
focused excitation beam, and the other to the near-surface
fluorescence in the scattering specimen. These factors limit
the TPFM imaging depth to 10—15 scattering lengths,

which is close to the transport length. The most stringent
limitation is, however, placed by the low fluorescence signal
level at large depths because of the exponential attenuation
of the excitation power, the low two-photon excitation
efficiency and the insufficient fluorophore concentration.
One way to increase the imaging depth up to the
fundamental limit is to use fluorophores with the largest
two-photon absorption cross section (colloidal quantum
dots) and a regenerative amplifier in order to raise the
excitation peak power, but the latter involves a high risk of
optical breakdown of biological specimens.
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