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Spatial localization of cardiac optical mapping
with multiphoton excitation
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Abstract. Depth and radius of regions interrogated by cardiac optical
mapping with a laser beam depend on photon travel inside the heart.
It would be useful to limit the range of depth and radius interrogated.
We modeled the effects of a condensing lens to concentrate laser light
at a target depth inside the heart, and near infrared excitation to in-
crease penetration and produce two-photon absorption. A Monte
Carlo simulation that incorporated a 0.55-NA lens, and absorption
and scattering of 1064- or 488-nm laser light in 3-D cardiac tissue
indicated the distribution of excitation fluence inside the tissue. A
subsequent simulation incorporating absorption and scattering of
transmembrane voltage-sensitive fluorescence (wavelength 669 nm)
indicated locations from which fluorescence photons exiting the tis-
sue surface originated. The results indicate that mapping at depths up
to 300 mm in hearts can provide significant improvement in localiza-
tion over existing cardiac optical mapping. The estimated interroga-
tion region is sufficiently small to examine cardiac events at a cellular
or subcellular scale and may allow mapping at various depths in the
heart. © 2003 Society of Photo-Optical Instrumentation Engineers.
[DOI: 10.1117/1.1559831]
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Introduction
Optical measurements in hearts stained with transmembran
voltage sensitive fluorescent dyes are used to study cardia
action potential propagation, repolarization, arrhythmias, and
electric stimulation.1–4 One of the limitations of conventional
optical mapping is that it records events at multiple sites dis
tributed near the tissue surface but cannot record at sites di
tributed at various depths. Novel methods that employ tran
sillumination or plunge optic fibers have been developed to
optically map with limited resolution at various depths, which
may allow examination of important arrhythmic behavior
throughout ventricular walls.2,5 Another limitation of optical
mapping is the inability to interrogate a microscopic region of
tissue. The interrogated region for an individual measuremen
is in an order of 1 mm due to the scattering of excitation and
emission photons in the tissue.6 As a result, optical mapping
has not been able to resolve some potentially important even
in hearts, including transmembrane potential changes ex
pected at ends of cells during defibrillation shocks, action
potential transmission from a cell to an adjoining cell, and
3-D reentry or microreentry during arrhythmias.7–9

In conventional optical mapping with transmembrane volt-
age sensitive fluorescent dye or green-emitting calcium sens
tive fluorescent dye, continuous wave excitation light~typi-
cally blue or green wavelengths! is directed onto the heart,
while fluorescence light having longer wavelengths that exi
the heart surface is collected. The localization for an indi-
vidual measurement is achieved by either restricting the are
of the excitation light with a laser beam while collecting fluo-
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rescence from the whole tissue surface~laser scanner
method!, or by applying the excitation light onto a broad r
gion of the tissue surface while restricting the collection to
small surface area using a camera~broad-field excitation
method!. It may be possible to achieve 3-D optical mappi
and microscopic interrogation by use of long wavelength la
excitation light and a high numerical aperture lens. The lo
wavelength light undergoes less absorption in the tiss
which may allow deeper interrogation. The lens may conc
trate laser excitation light in a small region of the tissue a
given depth, allowing microscopic interrogation at discre
depths. Also, multiphoton excitation, possible with a puls
near-infrared laser, may reduce interrogated volume by c
centration of fluorescence in the focal region due to quadr
dependence of excitation probability on fluence.10,11However,
due to the high cost of a femtosecond pulsed near-infra
laser, we consider a theoretical model estimate of size
depth of tissue that may be interrogated is beneficial befo
hand. To estimate this, we used Monte Carlo computer mo
that incorporated concentration of laser light with a lens a
absorption and scattering of both the laser light and the fl
rescence in cardiac tissue.

2 Methods
2.1 Launch of Photons with a Lens
We simulated the use of a convex lens to concentrate
excitation light. Light beams representing a radial section o
conical illumination volume were launched onto the card
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tissue at orientations and positions calculated from the diam
eter, focal length, and distance between the lens and the tiss
surface. The number of photons assigned to each beam w
increased for beams at greater radii to produce a consta
number of photons per tissue surface area illuminated. In
simulations presented here, 100 beams were launched in th
radial section. The lens could be positioned at different dis-
tances from the tissue. This allowed alterations in the targe
depth of the excitation light inside the tissue, i.e., the depth in
tissue where the focal point would occur if aberrations, scat
tering, and absorption of photons were negligible. We chose
lens having a diameter 2.5 cm and focal length 1.9 cm, which
represented a lens with numerical aperture of 0.55 in air. Thi
lens has a relatively large numerical aperture for its diamete
and is commercially available. We modeled the lens at dis
tances from the tissue varying from 1.89 to 1.71 cm in step
of 0.01 cm, which produced target depths from 0.01 to a
maximum of 0.19 cm below the illuminated tissue surface. To
study the excitation light, simulations were performed with
optical properties of tissue for light wavelength of 1064 nm,
which is similar to wavelengths of spectrally dispersed light
that can be produced during femtosecond laser pulses, an
488 nm. We used the measurements performed by Splinte
et al. for the absorption coefficient(ma 50.3/cm!, scattering
coefficient (ms 5177.5/cm!, and scattering anisotropy~g
50.964! in cardiac tissue with 1064 nm excitation light.12 For
488-nm excitation light, we used the measurements performe
by Ding et al.6 for the absorption coefficient(ma 55.2/cm!,
scattering coefficient(ms 5232.0/cm!, and scattering anisot-
ropy ~g50.94!. To study the fluorescence propagation, simu-
lations were performed with optical properties of tissue for
669-nm wavelength. We selected 669-nm wavelength to rep
resent the emitted fluorescence because this is near the wav
length of peak fluorescence emitted from the transmembran
voltage-sensitive dye di-4-ANEPPS.13 Also values of the op-
tical properties of cardiac tissue for this wavelength are avail
able(ma 51.0/cm!, (ms 5218.0/cm! and ~g50.96!.6

2.2 Excitation Light Propagation
We used a Monte Carlo model similar to that developed by
Wang et al. to simulate the propagation within the tissue
of excitation light from each beam and to determine the
excitation light fluence in tissue.14 The tissue, having a
radius of 0.11 cm, and thickness of 0.11 cm was assume
homogenous and cylindrically symmetric. The Monte Carlo
model treated the launched photons as classical particles, ha
ing no specific phase or polarization. The model used a Ca
tesian coordinate system in three dimensions for photo
propagation. A moving spherical coordinate system, whosez
axis was dynamically aligned with the photon propagation
direction, was used for sampling the change in photon propa
gation direction due to scattering events. The simulation re
corded fluence in each grid element as the summed weights
photons absorbed per unit area of the element normalized
the total weights of the launched photons. The recording o
fluence was performed with a homogenous grid system set u
in depth and radial coordinates. Since the distribution of re
corded fluence was independent of the rotational angle of th
radial section of beams, a single section was sufficient to de
termine the distribution in the radial system. Each simulation
254 Journal of Biomedical Optics d April 2003 d Vol. 8 No. 2
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launched 270,000 photons distributed among 100 beams,
each beam containing a specific number of photons pro
tional to the tissue surface area illuminated by the beam. T
accounted for the larger area of illuminated tissue surface
resented by beams entering tissue at greater distances
the optical axis. The number of photons was chosen becau
produced practical computational times and stable resu
Stability was verified in additional simulations that show
essentially no changes in results when the number of pho
was altered in the range of 200,000 to 500,000. Each pho
after entering the tissue underwent a random walk inside
tissue. The step size, i.e., distance traveled in each step,
determined for the photon probabilistically based on the
sorption and scattering coefficients. The program then de
mined whether the photon hit a boundary of the tissue. I
did not hit a boundary, the photon moved to a new location
the tissue based on step size and current propagation d
tion. At each new location of the photon, part of the phot
weight was absorbed and the remaining part scattered. Pr
gation of the photon continued with a new step size until
weight ~w! of the photon fell below a threshold, or it hit
boundary. If weight fell below a threshold the photon with
new weight, calculated asmw, had a probability of 1/m to
survive and continue propagation. This technique avoided
energy conservation rule violation that would occur if all th
photon packets falling below the weight were simply term
nated. If a photon hit a boundary, it either reflected back i
the tissue or exited from the tissue, depending on its cur
direction and refractive index of the tissue. When all the ph
tons were launched and their absorption was recorded,
fluence rate distribution inside the tissue approached real
values. Preliminary simulations with a grid size of 11mm
indicated that interrogated regions might be smaller than
mm. All results presented here used a grid with element s
1.1 mm. This value is comparable to the wavelength of t
near-infrared excitation light. Each simulation to determi
the distribution of fluence in radial and depth coordinates
quired 2.4 min of computation time on an Intel Pentium pr
cessor~933 MHz! for the 1064-nm excitation and 1.5 min fo
the 488-nm excitation. Output file size was 38 megabytes

2.3 Fluorescence Light Propagation
Each grid element was regarded as a fluorescence p
source. The weight of the fluorescence photon launched f
each grid element was proportional to either the fluence of
excitation light for that element or the square of this fluen
representing either single or two-photon excitation.10 The ini-
tial direction of photon propagation was assumed isotrop
Thus, locations of origin, weights, and directions of all flu
rescence photons were specified. During this simulati
weights of all fluorescence photons that exited the top surf
of the tissue and the locations of their origin in the tissue w
recorded. From these, we determined the total weights o
fluorescence photons that exited, which can be conside
proportional to the signal collected with a large area collec
such as a photomultiplier tube. Using the recorded locatio
we determined the specific region inside the tissue fr
which a given percentage of the total exiting fluorescen
originated.
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Spatial Localization . . .
Fig. 1 Results of Monte Carlo simulation showing distributions of the
fluence (a) and the square of the fluence (b) of excitation light as
functions of radius and depth in tissue. The fluence in tissue was
modeled with absorption and scattering properties of light having
wavelength 1064 nm. The distance of the lens from the tissue surface
was 1.87 cm, which produced a target depth 0.03 cm inside the tis-
sue. (a) The innermost contour represents grid elements in which the
fluence was 0.9 of its maximum. Contours decrease with distance
from the maximum with step size 0.1. The outermost contour repre-
sents elements where the fluence was 0.2 of its maximum. (b) The
innermost contour represents elements in which the square of the
fluence was 0.9 of its maximum. Contours decrease with distance
from the maximum with step size 0.1. The outermost contour repre-
sents grid elements where the square of fluence was 0.2 of its maxi-
mum.
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3 Results
3.1 Fluence of Excitation Light in Tissue
Figure 1~a! shows the distribution of fluence of 1064-nm laser
excitation light in the modeled region near the location of-
greatest fluence. The fluence at a given location is propor
tional to the probability of single-photon absorption. The dis-
tance between the lens and tissue was adjusted to produce
target depth in the tissue of 300mm. Each contour indicates
a

the depths and radii inside the tissue at which fluence ha
constant value. The grid element of maximum fluence ha
depth 299mm and radius 0.55mm, which is the radius repre
senting elements nearest the optical axis. Fluence decreas
larger radii and at depths greater than or less than the dep
maximum fluence. The outermost contour indicates flue
decreased to 0.2 of its maximum value at depths havin
maximum range approximately 10mm greater or less than th
target depth and at radii having a maximum of 4mm. When
optical properties for 488-nm excitation light were used
stead of those for 1064-nm light, the grid element of ma
mum fluence had a depth of 298.5mm and radius 0.55mm
~not shown!. The fluence decreased to 0.2 of its maximu
value at depths 7.5mm greater or less than the target depth a
at radii having a maximum of 7.5mm. Local maxima were
also observed at sites away from the target depth for b
wavelengths.

Figure 1~b! shows the distribution of the square of th
fluence of the excitation light in the same model used for F
1~a!. The square of fluence is proportional to probability
two-photon absorption. The outermost contour indicates
square of fluence decreased to 0.2 of its maximum valu
depths having a maximum range of 6mm greater or less than
the target depth and at radii having a maximum of 1.7mm.
When the optical properties for 488-nm excitation light we
used, the square of fluence decreased to 0.2 of its maxim
value at depths having a maximum range of 5mm greater or
less than the target depth and at radii having a maximum
1.5mm. This indicates the region of excitation for the 488-n
light was similar or slightly smaller than it was for 1064-n
light. Also, for both excitation wavelengths, two-photon exc
tation was much more concentrated in both depth and ra
directions compared with single photon excitation.

These results indicate a region of high excitation light fl
ence occurs at a certain depth in heart tissue. The depth
be limited by absorption and scattering of the excitation lig
These may cause light to become more diffuse at a gre
depth. To test this, distance between the lens and tissue
varied to produce different target depths. For each tar
depth, we determined the maximum and minimum depths
the maximum radius inside the tissue~Dmax, Dmin, Rmax! at
which excitation light fluence was greater than 0.5 of t
maximum value of the fluence. We chose the 0.5 level
fluence in the summary of Dmax, Dmin, and Rmax, beca
at a given depth higher fluence increases the chance to
duce fluorescence photons that exit the tissue. We also d
mined the Dmax, Dmin, and Rmax, at which the square of
excitation light fluence was greater than 0.5 of its maximu

Figure 2 shows a summary of the results from four sim
lations with 1064-nm excitation light in which target depth
ranged from 100 to 400mm in the tissue in steps of 100mm.
The range of depth of concentrated excitation fluence de
mined for all grid elements in the model is indicated by t
range from Dmax~filled diamonds! to Dmin ~open squares!.
The maximum radius is indicated by Rmax~filled circles!. For
a given target depth of 100 to 300mm, Dmax and Dmin were
almost the same. Their difference was< 10 mm for the flu-
ence@Fig. 2~a!# and < 4 mm for the square of fluence@Fig.
2~b!#, indicating that excitation light was localized axiall
~i.e., in the depth direction on the optical axis! in a region near
the target depth. When the target depth was increased to
Journal of Biomedical Optics d April 2003 d Vol. 8 No. 2 255
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Ramshesh and Knisley
Fig. 2 Results of Monte Carlo simulations showing the maximum and
minimum depths and maximum radii inside the tissue where (a) exci-
tation light fluence or (b) the square of fluence was greater than 0.5 of
its respective maximum value. The filled diamonds and the open
squares indicate the maximum and minimum depths, respectively.
The filled circles indicate the maximum radii. The depths and radii are
plotted versus the target depth. Note that the ordinate scale for radii is
100 times smaller than the scale for the depths. The light propagation
in tissue was based on absorption and scattering properties of light
having wavelength 1064 nm.
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mm, the difference between Dmax and Dmin increased to 75
mm for the fluence and 72mm for the square of fluence,
indicating that the excitation light became markedly diffuse
for the 400 mm target depth compared with that for the
smaller target depths. For the fluence, Rmax was< 0.55mm
when the target depth was 100 to 300mm, while it was 2.75
mm when the target depth was 400mm. For the square of the
fluence, Rmax was< 0.55 mm for all target depths. These
results indicate that excitation light was concentrated radially

When optical properties for 488-nm excitation light were
used, differences between Dmax and Dmin for target depth
< 200 mm were 5mm for fluence and 2 to 4mm for the
square of fluence. The differences for target depths of 300 t
256 Journal of Biomedical Optics d April 2003 d Vol. 8 No. 2
400 mm increased markedly reaching 115 to 307mm for flu-
ence and 50 to 230mm for the square of fluence. This ind
cates effects of light diffusion became marked at an appro
mately 100 mm shallower depth for the 488-nm ligh
compared with the results for 1064-nm excitation describ
before. The Rmax for the fluence was< 0.55 mm at target
depths of 100 to 300mm, and became 1.65mm at a target
depth of 400mm. For target depths of 100 to 400mm, Rmax
was< 0.55mm for the square of the fluence.

Thus for both excitation light wavelengths studied, t
small Rmax indicates excitation was radially concentra
close to the optical axis for target depths to 400mm. How-
ever, the difference between Dmax and Dmin was larger t
Rmax and became greater as the target depth was incre
~Fig. 2!. This indicates loss of concentration in the axial d
rection was a more important limitation than radial loss
concentration. In our subsequent analysis of spatial local
tion of fluorescence, we used a target depth of 300mm be-
cause this was the approximate maximum depth at which
ther increase in depth caused a very marked loss
concentration in the axial direction. Localization at this targ
depth represented a worst-case estimate for target depths
than 300mm.

3.2 Dimensions of Tissue Interrogated
In hearts stained with transmembrane voltage-sensitive fl
rescent dye, excitation photons can be absorbed by fluores
dye molecules, thus producing fluorescence photons. The
duction of the fluorescence photons was simulated by laun
ing new photons at grid elements in the tissue. Initial weig
of the photons were proportional to the fluence or square
fluence in each grid element. The propagation of the phot
in the tissue was then modeled with the Monte Carlo meth
For the fluorescence propagation, we used the absorption
scattering coefficients of light having wavelength 669 nm th
were measured in heart tissue.6

Results are shown in Fig. 3 for a target depth of 300mm
and 1064-nm excitation light. Figure 3~a! shows the results
obtained when original weights of fluorescence photons w
proportional to excitation fluence. Figure 3~b! shows results
when original weights of fluorescence photons were prop
tional to the square of excitation fluence. Comparison of F
3~a! with Fig. 3~b! indicates that for a given percentage, t
radii and range of depth were smaller when the origin
weights were proportional to the square of the excitation fl
ence.

Results for excitation light wavelength 488 nm are sho
in Fig. 4. The major difference compared with Fig. 3 is
leftward movement of the contour for a given percenta
indicating the region of origin of the exiting fluorescence w
closer to the tissue surface. Also, the maximum radius of c
tours became larger for the 488-nm excitation compared w
1064-nm excitation.

4 Discussion
This modeling study was performed to estimate spatial loc
ization of optical mapping with two-photon excitation i
hearts. We sought to quantify the extent to which two-pho
excitation can overcome two limitations of conventional o
tical mapping. One of the limitations is the inability to reco



Spatial Localization . . .
Fig. 3 Results of Monte Carlo simulations showing dimensions in ra-
dius and depth of the tissue within which a given percentage of the
exiting fluorescence originated and for which the exiting photons had
the greatest weights. The excitation wavelength was 1064 nm. The
fluorescence propagation in tissue was based on absorption and scat-
tering properties of light having wavelength 669 nm. Results are
shown for percentages 20, 40, 60, and 80. The target depth was 0.03
cm. (a) shows the results when the original weights of fluorescence
photons were proportional to the fluence of the excitation light. (b)
shows the results when the original weights of fluorescence photons
were proportional to the square of the fluence of the excitation light.
Note the smaller scale in (b).
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at various depths in the heart. Another limitation is the inabil-
ity to interrogate a region of tissue having a size comparabl
to the size of cardiac cells. With multiphoton excitation, a
longer wavelength of excitation light is used, which may al-
low light penetration to a greater depth compared with the
penetration for shorter wavelengths. A condensing lens ca
direct the excitation light toward a region below the heart
surface, which may allow signals from a specific depth in the
heart to be distinguished. Also, with two-photon excitation,
the probability of excitation is proportional to the square of
the excitation fluence. Excitation may then be concentrate
near a local maximum, which may reduce the size of hear
tissue interrogated at each recording site.
We used a Monte Carlo model of excitation light transp
in three-dimensional cardiac tissue to estimate fluence~i.e.,
excitation! in the heart for 1064- or 488-nm light. W
launched the excitation photons at angles and locations on
tissue surface to simulate light directed with a condens
lens toward a point at a given depth inside the tissue. We t
used the distribution of excitation fluence determined fro
this model in another Monte Carlo model to estimate the s
and location of the region of origin of fluorescence photo
that exited the tissue surface. In each simulation, we u
values of the absorption, scattering, and scattering anisotr
coefficients that have been measured in heart tissue.6,12

Fig. 4 Results of Monte Carlo simulations showing dimensions in ra-
dius and depth of the tissue within which a given percentage of the
exiting fluorescence originated and for which the exiting photons had
the greatest weights. The excitation wavelength was 488 nm. The
fluorescence propagation in tissue was based on absorption and scat-
tering properties of light having wavelength 669 nm. Percentages
shown and target depth were the same as those in Fig. 3. (a) shows the
results when the original weights of fluorescence photons were pro-
portional to the fluence of the excitation light. (b) shows the results
when the original weights of fluorescence photons were proportional
to the square of the fluence of the excitation light. Note the smaller
scale in (b).
Journal of Biomedical Optics d April 2003 d Vol. 8 No. 2 257
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4.1 Interrogated Region
One finding is that the interrogated region spanned a range o
depth that was consistently greater than its width~Figs. 3 and
4!. Figure 3~b! shows with 1064-nm excitation light and two-
photon excitation at a target depth of 300mm, 80% of the
exiting fluorescence originates in tissue having a range o
depth approximately 4 to 5 times its radius. Therefore, the
radial spread alone does not adequately describe localizatio
for two-photon fluorescence mapping in hearts.15 Also, a
single value for the radial spread is not sufficient to fully
describe the interrogated region, because the end of the inte
rogated region nearer the tissue surface is wider than the de
end ~Figs. 3 and 4!.

The main finding is that interrogated regions for two-
photon excitation in hearts are smaller than those reported fo
conventional cardiac optical mapping. In conventional lase
scanning with a laser beam radius of 0.1 mm, the reporte
depth of the region from which 80% of the fluorescence origi-
nated spanned 0 to 750mm and the maximum radius of the
region was 240mm @Fig. 6~a! of Ref. 6#. Here, we find that
the two-photon interrogation region for a target depth of 300
mm is approximately 1/3 as large as those reported. The in
terrogation region at shallower depths is even smaller due t
the decreased range of depth of the excited region~Fig. 2!.

The model does not incorporate all factors that affect the
light transport and excitation. Broadening of the pulse width
as excitation light travels in the heart may lessen peak fluenc
and two-photon excitation.16,17 Also aberrations due to mis-
match of the refractive index in different media affect light
transport.18 Our additional simulations~unpublished! indicate
for a given target depth, the region of interrogation extends
somewhat deeper when effects of refractive index mismatc
are included in the calculation. A correction method that com-
pensated for effects of the mismatch has been described.19

Also, effects of aberration may be reduced for two-photon
excitation.20

When single photon excitation is considered, the size o
the interrogated region for a target depth of 300mm is com-
parable to that for conventional cardiac mapping found by
Ding et al.6 @e.g., range of depth and radius are approximately
0 to 1100mm and 250mm for 1064 nm excitation in Fig. 3~a!
and 0 to 800mm and 275mm for 488-nm excitation in Fig.
4~a!#. The finding that the brightest exiting fluorescence origi-
nated in regions below the surface@e.g., 20% contours in Figs.
3~a! and 4~a!# indicates that a condensing lens may help in
distinguishing signals from regions below the heart surface
even with single photon excitation.

An interesting finding of this study is the variation in
maximum radii of contours of fluence and the square of flu-
ence. The 0.2 contours of fluence for all target depths studie
had larger maximum radii for 488-nm light compared to
1064-nm light. However, when 0.5 contours of fluence are
considered, the maximum radius for the 400-mm target depth
was smaller for the 488-nm light~1.65mm for 488 nm versus
2.75mm for 1064 nm!. Also, for the square of fluence, maxi-
mum radius of the 0.2 contour found for the target depth of
300 mm was slightly smaller with the 488-nm light~1.5 mm!
compared with 1064-nm light~1.7 mm!. Radii may be influ-
enced by effects of multiple factors that differ for the two
wavelengths, including tissue absorption, scattering, and an
258 Journal of Biomedical Optics d April 2003 d Vol. 8 No. 2
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isotropy that influence the distribution of fluence. For e
ample, the smaller absorption coefficient for 1064-nm lig
may allow scattered photons to reach a greater radius be
they are absorbed, while the greater scattering coefficient
the 488-nm light may cause photons to travel away from
target, which would also increase the radius.

The wavelength of excitation light influences the depth
the interrogated region. Comparison of Figs. 3 and 4 indic
that regions from which a given percentage of the exiti
fluorescence originated are closer to the tissue surface w
the excitation light wavelength is 488 versus 1064 nm. T
may occur because the light having shorter wavelength un
goes greater absorption in the tissue, decreasing the fluo
cence excitation at deeper sites in the tissue.

4.2 Implications for Optical Mapping of the Heart
The spatial localization of cardiac optical mapping has n
been sufficient to resolve transmembrane voltages at end
individual cells ~typical cell size 203 100 mm! or unit
bundles containing many tightly coupled cells in cardiac t
sue or hearts. Cardiac electrophysiological models have
dicted these transmembrane voltages alter during an elect
stimulation pulse, which may be a mechanism for the elec
cal induction of arrhythmias and electrical defibrillation of th
heart.21,22 Methods to measure transmembrane voltages
ends of isolated cells have required localization on the or
of 5 mm.23–25

Improved localization of optical mapping may be used
examine action potential propagation from cell to cell in t
heart. This has only been examined in isolated cultured
strands or monolayers.26 Also, improved localization may al-
low tests of whether microreentrant circuits can occur a
whether they produce arrhythmias in the heart.9

The range of depth of localization in our analysis sugge
optical mapping may be performed in 3-D without transill
mination or optical fibers inserted into the tissue.2,5 Figure 2
indicated changes in the interrogation depth may be acc
plished by altering the distance between the lens and tis
However, mapping at target depths greater than 300 to
mm will increase the range of depths within which the ex
tation light has relatively high fluence, ultimately increasi
the size of the interrogated region. At depths up to 300mm,
the region inside the tissue where the fluence is 0.5 of
maximum@< 4 mm, Fig. 2~b!# is smaller than a cardiac cel
suggesting that it is possible to test the predictions of chan
in transmembrane voltage on a subcellular spatial scale du
shocks.

A relatively large signal level is important for cardiac op
tical mapping with the laser scanner method. Since the dw
time of the laser beam at a given spot during laser scann
can be under 10ms, there is little time for integration o
temporal averaging of light during a sample. To obtain
smooth recording of the action potential, the collected flu
rescence must be sufficiently intense so that it is not do
nated by discrete pulses produced by individual fluoresce
photons. The optical mapping described here, in which fl
rescence photons exit the tissue and can be collected reg
less of whether or not they scatter, may avoid loss of sig
intensity that occurs when a confocal pinhole is used. T
loss can be very large, e.g., in the simulation of Fig. 3~a!, the
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total weight of exiting photons that did not scatter was only
0.15 % of the total weight of all exiting photons.

5 Conclusion
Existing cardiac optical mapping has used blue or green ex
citation light. This study has evaluated an alternative that ma
use near-infrared excitation light. Cardiac optical mapping
with a condensing lens and near-infrared light for two-photon
excitation at depths up to 300mm in hearts may provide sig-
nificant improvement in localization over existing cardiac op-
tical mapping. The estimated interrogation region is suffi-
ciently small to examine cardiac events at a cellular or
subcellular scale. The mapping may be performed at variou
depths in the heart by altering the distance between the tissu
and the lens.
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