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Fig. 4 Two transparencies with printed squares of different sizes are 
used to demonstrate magnification and the inverse square distance 

relationship. 

Sampling and aliasing: To introduce the concept of 
sampling, a chest radiograph is printed on a transparency 
and shown in front of a projected grid representing the 
array of pixels of a detector (Fig. 5 (top)). It is discussed 
that the entire signal incident on a whole pixel is averaged 
to represent the signal at that pixel, and the resulting 
image is shown in a projected slide (Fig. 5(bottom)).  

 

 

  

 

Fig. 5 (top) A chest radiograph on a transparency is shown in front of a 
projected grid pattern representing the pixels of a digital detector. 

(bottom) The continuous “x-ray beam” containing the information of the 
chest x-ray is then projected using a transparency with the array of 

“pixels” overlaid, followed by the result of the coarsely sampled image. 

This demonstration serves as an introduction to the 
concept of aliasing, since the same setup is used but this 
time with a transparency with a single sine wave pattern 
(Fig. 6(top)). The spatial frequency aliasing that takes 
place when this sine wave is sampled by the “detector” is 
shown with two electronic slides (Fig. 6(bottom)).  
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Fig. 6 (top) A sine wave pattern on a transparency is shown in front of a 
projected grid pattern representing the pixels of a digital detector. 

(bottom) Two separate electronic slides show how the high frequency 
sine wave pattern is aliased by the course sampling into a lower 

frequency pattern. 

This is another example of how this type of 
demonstration aids immensely in the understanding of a 
complex topic. Using a simple transparency and the 
projection of a grid of “pixels,” the concept of frequency 
aliasing can be visualized by the residents, with no need 
for mathematical formulas. 

X-ray scatter: A blank white electronic slide is 
displayed representing a noise-free “x-ray beam.” A 10 
cm pediatric head CT phantom is held up in the path of 
the light beam with its long axis close to horizontal (Fig. 
7). By adjusting the position of the phantom, it is possible 
to show how the shadow of the phantom is impacted by 
light refraction. The change in visibility of the 1 cm 
diameter holes in the phantom due to the refracted light 
falling on the projections of these holes is used as an 
example of how contrast is reduced by the presence of x-
ray scatter. This is an example of a demonstration that 
does not rely on the same physical phenomenon that is 
being demonstrated, but it still useful to explain a key 
concept in radiographic imaging. 

 

 

Fig. 7 A CT phantom is used to demonstrate the phenomenon of x-ray 
scatter and its impact on image contrast. 

Other demonstrations, not all of which involve the use 
of the projector and screen, are used to explain other 
imaging concepts. For example, to demonstrate the 
benefit of a rotating anode in the x-ray tube, a resident 
volunteer is asked to direct the beam of a presenter’s laser 
pointer at a point close to the outer edge of a Frisbee or 
plastic plate. The Frisbee has an axis through its center 
that allows for its easy rotation. When the Frisbee is 
rotated while the laser is held in place, the residents can 
easily see how the heat deposited by the “electron beam” 
is distributed along a circle, therefore increasing the heat 
capacity of the focal spot. 

B. Evaluation 

At the end of each lecture, the residents are asked to 
complete a survey form, in which one of the questions 
asks specifically about the usefulness of these 
demonstrations, to be graded with a score from 1 to 5, 
with 5 being the highest score. In addition, the survey 
includes separate questions for free-form comments on 
the strengths and weaknesses of the instructor’s teaching. 
The residents’ responses to these surveys over the three 
years that these visual demonstrations were used were 
analyzed. 

III. RESULTS 

The feedback from the residents attending these 
sessions has reflected a very positive opinion of these 
demonstrations. From a total of 51 completed survey 
forms, the average score on the usefulness of the visual 
demonstrations was 4.76 (std. dev. = 0.47), with a range 
of 3 to 5 (although a single score of 3 was received, all 
others being 4s and 5s). Of the 51 surveys, only 32 
included any comment on the instructor’s teaching 
strengths. Of these 32 positive comments, 18 mentioned 
the visual demonstrations as a strength. The 
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demonstrations were not mentioned in any of the surveys 
as a weakness.  

Very positive feedback has also been received both 
directly during informal one-to-one conversations with 
residents that attended these lectures and indirectly 
through comments to other faculty.  

IV. DISCUSSION 

This innovative method of communicating medical 
physics concepts relevant to transmission imaging has 
been very well received by the residents. It appears to 
have also substantially improved the residents’ 
understanding of the concepts and their impact on image 
quality and patient dose, their ability to explain and 
recollect them. In addition, these types of demonstrations 
help promote interaction with the medical physicist 
during class and throughout their residency. 

V. CONCLUSIONS  

The use of demonstrations that show physical 
phenomena relevant to diagnostic imaging, rather than 
just describing them using electronic slides and/or 
blackboard diagrams, let alone mathematical formulas, 
can enhance the learning experience for diagnostic 
radiology residents. In addition, the didactic sessions 
become more interactive and promote a two-way 
discussion of concepts that is challenging to obtain during 
traditional didactic lectures. 

Although the list of demonstrations is already 
extensive, additional concepts that can be shown using 
this methodology are always being sought. Finally, 
although the electronic slides needed to project and to 
print the transparencies are easy to prepare, these are 
available by request via e-mail to the author. 
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Abstract— Use of digital imaging within all of the medical 
imaging modalities and methods provides many advantages 
and values to the practice of clinical medicine. However, the 
use of digital technology, digital image structure, and the 
ability to process digital image data in many ways add 
additional complexity to many imaging procedures. All 
medical imaging professionals, including radiologists, 
technologists, and medical physicists must be knowable and 
experienced with digital imaging in order to obtain maximum 
values from modern imaging technology and procedures.   A 
common characteristic of all procedures that produce digital 
images is that the human body is divided into many discrete 
samples or voxels which are then represented by pixels in the 
image. The structure of the digital image, especially the 
voxel/pixel size, has a significant effect on image quality and 
visibility of structures and objects within the body.  The 
optimization of medical imaging procedure protocols and 
selection of technique factors requires a comprehensive 
knowledge  of digital image structure, impact on image quality, 
and the concept and practice of optimization.   

Keywords— Digital Images, image quality, protocol 
optimization. 

I. INTRODUCTION  

With increasing digital technology in almost all areas of 
our lives, medical imaging is no exception.  The majority of 
medical images from all modalities are either directly 
produced or converted into a digital format.  This offers 
many advantages but also challenges in the process of 
adjusting imaging quality and optimizing imaging 
procedures for maximum clinical benefit. Medical imaging 
professionals including radiologists, technologists, 
physicists, and engineers can be more effective in providing 
optimized images if they have good knowledge of the 
structure of digital images and the relationship of that 
structure to image quality and visibility of anatomy and 
signs of pathology. 

The objective of this article is to review the structure and 
characteristics of digital images and the impact on three 
image quality characteristics:  contrast, image detail (spatial 
resolution) and visual noise.  These are image 
characteristics that must be considered together and 
“balanced” in the process of procedure optimization.   

 

II. THE DIGITAL ADVANTAGE  

There are many advantages to having medical images in 
digital form and it is helpful to review some as illustrated in 
Figure 1. 

 

 
 
Figure 1. The advantages of  medical images in  digital form.  
 
Image Reconstruction: The formation (reconstruction) of 

images with tomographic and 3D modalities--CT, MRI, 
SPECT, and PET--requires digital computations which 
result in images in a digital format.  Typically the quality 
characteristics of the digital images can be adjusted when 
setting up the image acquisition protocols and the image 
reconstruction that follows. 

Wide Dynamic Range or Latitude Acquisition: This 
applies to all modalities but is especially significant in 
radiography and CT.  When a radiograph is recorded on 
film there is a very limited range of exposure to the receptor 
that will produce adequate image contrast and not over- or 
under- exposed films, This is because of the limited 
exposure latitude of film relating to the chemical process 
that records the image.  Digital radiographic receptors of all 
types do not have this limitation and have the advantage of a 
wide exposure range (dynamic range) in which good image 
contrast can be captured.  This is one of the significant 
advantages of digital compared to film radiography. 

Image Processing: Images in digital format can be 
processed to alter or enhance specific characteristics.  This 
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can be during the image reconstruction function or later as 
post processing.   

Image Storage and Retrieval: With the advances in 
digital storage and memory technology and especially the 
increased capacity, the storage and rapid retrieval of 
digitized medical images is both possible and practical.  
This contributes to increased efficiency of clinic operations 
and improved patient care with the rapid access to images 
from both current and previous procedures. 

Image Transmission and Distribution:  The ability to 
transmit images over networks, from local to global, adds a 
new dimension to the practice of radiology.  It makes 
images available for viewing and interpretation  by qualified 
medical professionals regardless of where they are located. 
This is especially significant in acute and emergency cases 
where a correct diagnosis and guidance can mean the 
difference between life and death. 

Education, Training, and Consultation:  Radiology 
education and training is much more effective and efficient 
because of the extensive digital resources that are now 
available.  These include teaching files with expanded 
content and accessibility and extensive online publications, 
courses, and reference materials.  A very valuable feature is 
the ability of medical professionals to go online and access 
reference images and information at the time they are 
viewing images from specific cases.  This is providing 
education at “the point and time of need”. 

The full advantage of digital imaging will be realized 
only when the quality of the images provides the required 
visualization for the purposes of the procedures being 
performed.  That depends on the knowledge and experience 
of the medical imaging professionals.    
 
                

III. DIGITAL IMAGE STRUCTURE  

Sampling: A first step in producing a digital medical 
image is to divide the human body into many individual and 
discrete samples.  Within the body these samples are the 
voxels (volume elements) which are then represented in the 
image by corresponding pixels (picture elements). Generally 
each tissue voxel is represented by a specific pixel in the 
image unless some different form of image formatting is 
used. 

Sample (Voxel and Pixel) Size: The size of the individual 
voxels and pixels is a critical factor in determining image 
quality and visibility.  In most imaging procedures the size 
is adjustable through a combination of imaging protocol or 
technique factors that must be considered by the staff 
conducting the procedure. 

Tomographic Imaging and Voxels: For modalities that 
produce tomographic images of slices (CT, MRI, SPECT, 
PET) the voxel size is the critical factor.  It is determined by 
the combination of three adjustable parameters as shown in 
Figure 2. 

 
 
Figure 2. The factors that determine voxel size and related image detail. 
 
The face dimension of the voxel, which closely relates to 

the corresponding pixel, is determined by the ratio of two 
factors, the physical size of the imaged area, the field of 
view (FOV) and matrix size which is the number of 
voxels/pixels across each dimension of the image. 

Field Of View (FOV): First, the distinction must be made 
between the FOV and image size.  The FOV is the physical 
dimension of the area being imaged at the location within 
the body.  That is significant because two of the image 
quality characteristics depend on the actual size of the 
individual tissue voxels and not the size of the pixels in the 
displayed images. 

In most imaging procedures the FOV is adjustable and is 
set based on the anatomical region to be imaged but with the 
recognition that reducing FOV does produce smaller voxels 
and pixels. 

Image Matrix Size: The matrix size is the number of 
voxels and pixels across each direction in the image.  Most 
images are square matrixes with equal dimensions in each 
direction with sizes that are binary multiples such as 
512X512, 1024X1024, etc. There are some applications, 
especially in MRI, where there are advantages in using 
rectangular matrixes. 

Matrix size is a design characteristic of each of the 
imaging modalities and within a modality an adjustable 
protocol or technique factor and is used to control the 
quality of the images as we will describe in detail later.   

Slice Thickness: The thickness of tomographic slices is 
usually the largest dimension of a voxel and can be adjusted 
to control image quality. 

Projection Imaging and Pixels: The projection imaging 
modalities--radiography, fluoroscopy, and the gamma 
camera-- do not form small tissue voxels.  The critical factor 
in determining image quality is the size of the pixel within 
the body at the location of objects being viewed.  It is not 
the size of the pixel in the displayed image. 

Because of the geometric magnification associated with 
radiographic and fluoroscopic imaging the effective pixel 
size varies with location within the space between the focal 
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spot and image receptor.  This must be taken into account 
when considering image quality as illustrated in Figure 3. 

 

 
 
Figure 3.  The relationship of image pixel size at the receptor to the 

sample size within the body. 

 
The ratio of receptor pixel size to the pixel size within 

the body increases with the geometric magnification.  One 
important factor associated with this is that magnification 
actually reduces the effective pixel size (tissue sample size) 
in relation to the fixed pixel size within the receptor.  Later 
we will be seeing that a pixel is actually a source of blurring 
added to the image.  When there is significant geometric 
magnification the blurring from the receptor is actually 
reduced at the location that is being imaged within the body.  
One of the common applications of this principle is 
magnification mammography.  It is used to produce images 
with the least possible blurring and maximum detail 
especially for visualizing the small micro-calcifications that 
can be valuable signs of early stage breast cancer.  This 
procedure requires the use of a small focal spot so that the 
focal spot blurring does not counteract the reduction in 
receptor system blurring produced with the magnification.         

 
      

IV. IMAGE QUALITY CHARACTERISTICS  

The overall quality characteristic of a medical image is 
visibility of anatomical structures, objects, or signs of 
pathology that are required for diagnosis and guiding 
treatment procedures.  Visibility of the various objects 
within the body is determined by a combination of factors 
as illustrated in Figure 4. 

 

 
 
Figure 4.  The individual image quality characteristics that affect 

visibility of structures and objects within the body.  

 
The relationship of visibility to these individual 

characteristics is somewhat complex and depends on the 
physical characteristics of the objects within the body.  Our 
objective here is to observe how digitizing an image affects 
specific characteristics and overall visibility. We will 
confine the consideration to three characteristics: contrast, 
detail, and noise, all of which are dependent on the digital 
structure of images. 

Image Contrast and Procedure Contrast Sensitivity:  
Contrast is the foundation image quality characteristic 
because without contrast there is no visible image.  Contrast 
originates within the human body as some form of physical 
contrast, depending on the image modality.  The imaging 
process transforms the physical contrast into visible contrast 
displayed in the image.  Contrast sensitivity (contrast 
resolution) is the characteristic of the imaging process that 
determines its ability to “see” the physical contrast within 
the body. When images are in a digital form processing can 
be used to enhance and optimize the contrast characteristics. 

Image Detail:  There is some blurring that occurs in all 
imaging procedures, including our human vision.  The 
effect of blurring is to reduce the visibility of small objects 
and structures, anatomical detail.  Detail might be referred 
to as image sharpness and is related to the characteristic 
spatial resolution that is often measured or calculated to 
evaluate imaging system performance.  Detail is the 
clinically important characteristic because it determines the 
smallest objects that can be visualized.  It is determined by 
the physical and design characteristics of each imaging 
modality and also depends on the adjustment of the protocol 
or technique factors, including those that affect the digital 
voxel and pixel size.  

Image Noise: Visual noise, a generally undesirable image 
characteristic, reduces the visibility of low contrast objects 
and structures.  In x-ray and radionuclide imaging it is 
determined by the concentration of photons captured in the 
individual digital voxels and pixels.  In MRI it depends on 
the RF signal strength from the individual digital voxels. 

Spatial and Geometric Characteristics: Most medical 
images are produced either by the projection method in 
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which an x-ray beam is passed through the body projecting 
an image onto the receptor (radiography and fluoroscopy) or 
by reconstruction of tomographic images (CT, MRI, 
SPECT, PET).  The major quality issues are the relationship 
of the areas visible in images to the anatomical regions of 
interest for specific clinical purposes.  

Artifacts: Artifacts, often in the form of streaks, images 
of things that are not true anatomical structures, “ghosts”, 
and areas of reduced visibility generally are characteristics 
of each imaging modality.  Some artifacts might be related 
to the digital structure of images but will not be discussed in 
this article.              

 
 

V. DIGITAL CONTRAST ENHANCEMENT  

One of the major advantages of digital images is the 
ability to adjust and optimize the contrast for maximum 
visibility within the various anatomical regions and tissue 
compositions and characteristics.  This is possible because 
digital image processing can be performed between the 
acquired and recorded image and the displayed image.  This 
is a distinct advantage over images recorded on film in 
radiography where the acquired or recorded image is also 
the displayed image. 

Receptor Dynamic Range and Latitude:  This is the 
characteristic of all imaging systems that determines the 
range of exposure values to the receptor that will result in 
the recording of the image contrast coming from the human 
body. Radiographic film has a limited range of exposure 
over which it can record an image with adequate contrast.  
This is the film latitude which corresponds to dynamic 
range for digital receptors.  If the exposure to a film is 
outside the latitude range, that is either under- or over- 
exposed, contrast will be diminished or completely absent.  
Digital imaging methods generally have a wide dynamic 
range over which full image contrast is recorded. 

Pixel Bit Depth:  Each pixel in an image is recorded as a 
binary number which is a multiple of the number two such 
as 4, 8, 16, ……..256, 512, 1024, 2048,4096. This is known 
as the bit depth of a pixel. It  represents the possible number 
of different values a pixel can have which determined how 
many brightness levels or shades of gray will be displayed 
in an image.  A high-quality halftone might have as many as 
4096 values..   

Pixels with an 8-bit depth can have 256 different values 
or brightness levels.  This can be adequate for an image 
after processing and ready for viewing but does not provide 
a wide dynamic range for the image receptors or detectors. 

A desirable feature is to have a wide dynamic range for 
the initial images recorded by the receptor in radiography or 
for the data captured by the detectors as in CT.  This is to 
ensure that the receptors or detector systems capture the full 
range of exposures that represents contrast coming from the 
human body.  This reduces the possibility of under- or over- 

exposed images with respect to contrast that can often 
happen with radiographic film. 

Image Processing and Windowing:  If an image recorded 
with a wide-dynamic range receptor is viewed directly it 
would usually appear with very low contrast, a dull gray 
image.  This is because the range of exposure representing 
the image contrast is small in respect to the total dynamic 
range that is being displayed.  However, an image for 
display with optimum contrast for specific clinical 
procedures can be produced by including one or more forms 
of digital image processing between the recorded or 
reconstructed image and the image displayed for viewing as 
illustrated in Figure 5. 

 

 
 
Figure 5.  The contrast  processing that occurs between the image 

recorded by the receptor and the displayed image. 
 
In the example shown here the contrast in the x-ray 

image delivered to the receptor extends over a relatively 
small segment of the full dynamic range. The important 
point is that the wide dynamic range does not cut off the 
contrast, as can happen with film.  This provides good 
image data for processing. 

There are usually two things to be achieved with 
processing. 

  Look Up Table (LUT) Processing: This gives an image 
general contrast characteristics that resemble radiographic 
film.  These characteristics are appropriate for specific 
clinical procedures.  This often uses look-up-table (LUT) 
processing in which pixel values are changed to other values 
that have been programed in the tables. Different tables are 
selected to give an image a specific contrast characteristic. 

Windowing: The other action is to select a smaller range 
from within the wide dynamic range to be the displayed in 
the image.  This has the effect of increasing the image 
contrast.  The range that is selected is designated as the 
window and can be adjusted by the person viewing the 
image.  The window level control places the window within 
the larger dynamic range and the window width control 
determines the range of pixel values that will be displayed 
in the image.  The width is very much  an image contrast 
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control.  Decreasing the window width increases visible 
contrast in the displayed image.   

 

VI. DIGITAL IMAGE BLURRING AND DETAIL 

Visibility of anatomical detail and small objects within a 
body is limited by the blurring that occurs during the 
production of an image.  There are several sources of 
blurring within each imaging modality and some of these 
are adjustable when setting up an imaging procedure.  Focal 
spot size is an example.  In radionuclide imaging there is 
blurring associated with the design of the collimators. 

Digitizing an image is a blurring process because all 
details within a pixel area are blurred together and displayed 
as one pixel.  When viewing a digitized image we see an 
array or matrix of pixels but cannot see any detail within the 
individual pixels.  In the tomographic imaging modalities 
the voxels are three-dimensional (3D) blurs. While the 
digitizing process of dividing the body and imaged area into 
discrete samples, as previously described, does introduce an 
additional source of blurring it does not significantly reduce 
image quality and visibility if the imaging factors are 
adjusted appropriately and optimized.  With respect to 
selecting voxel and pixel sizes to adjust the blurring there 
are two relationships that should be considered.  One is the 
relationship of the voxel/pixel blurring compared to the 
other sources of blur within the imaging process and the 
other is the effect of voxel/pixel size on image noise.  Both 
of those relationships will now be considered. 

Other Sources of Blurring:   Within each medical 
imaging modality and procedure there are several sources of 
blurring, usually associated with the image acquisition 
phase, which generally comes before the digitizing process.  
Those sources are characteristics of each imaging modality 
(radiography, CT, MRI, etc.) and associated with the 
equipment design and operating factors. This might be 
referred to as the pre-sampled blurring or spatial resolution.   
Here we will not go into the detail for each modality but 
will consider a representative imaging system illustrated in 
Figure 6.     

 

 
 
Figure 6. Sources of blurring common to all  imaging systems. 

 

Our specific interest here is the blurring introduced by 
the digitizing process in which the body is divided into 
individual samples, the voxels and pixels, each one is a blur.  
The size of the voxels and pixels, and the resulting blurring, 
can usually be adjusted when setting up the imaging 
procedure protocol or technique factors.  This is by 
selecting values for the FOV, matrix size, and slice 
thickness.  The question, what is the most appropriate and 
the optimum voxel and pixel size for a specific procedure? 

Comparing Blur for the Imaging Modalities: There is a 
general range of blur values associated with each imaging 
method as illustrated in Figure 7. 

 

 
 
Figure 7.  The general range of blur values for each of the imaging 

modalities. 
 

Each imaging modality is characterized by the limits to 
the visibility of detail that can be achieved because of the 
blurring associated with the imaging process.  This 
characteristic is related to and sometimes measured or 
evaluated in terms of spatial resolution.  The general values 
shown here represent the total or composite blur produced 
by both the physical design of the equipment (focal spot, 
detectors, collimators, etc.) and the digitizing process.   

Optimum Voxel/Pixel Size:  A fundamental question is 
how should voxel/pixel size be adjusted and matched to the 
other sources of blur within the imaging process? Should 
the voxel/pixel size be set to the smallest possible value in 
order to minimize blurring and give the best visibility of 
detail?  The relationship is illustrated in Figure 8 for 
radiography but the principle applies to all modalities. 
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Figure 8. The combining of blur values. 

 
The total blur that occurs during an imaging procedure is 

the composite, or sum, from all sources.  Radiography is 
illustrated here but the principle applies to all modalities; 
only the sources of blurring are different. The physical 
dimensions of a blur are often expressed as point spread 
functions.  Because of the complexity of the shape and 
intensity distributions blur dimensions are often expressed 
as “effective” or “equivalent” sizes, which relate to their 
ultimate image quality characteristics. This corresponds to 
the actual physical dimensions of voxels and pixels.  This 
approach to analysis  in the spatial domain rather than in the 
frequency domain, which uses modulation transfer functions 
(MTF), is very helpful for comparing the sources of blur 
and understanding the process of optimization.  A 
reasonable estimate of the composite or total blur can be 
calculated using the root mean square as shown rather than 
the more complex mathematical process of convolution 
integration.   

Our interest here is considering pixel size in relation to 
other blur values and what an appropriate or optimum pixel 
size is.  

The Smallest Possible Pixels? An initial thought might be 
that pixels should always be made as small as possible 
because they are additional sources of blurring in an 
imaging procedure.  As we are about to consider, that is not 
the best approach.  There are several reasons for adjusting 
pixel and voxel sizes to larger values than what is physically 
possible with the specific imaging technology. 

A major factor is that when pixel size is set to 
significantly smaller values than the blur from other sources 
there is diminished improvement in image detail.  The 
blurring from the other sources becomes the controlling 
factor. 

However, with most of the imaging modality the factor 
that is contradictory to reducing voxel/pixel size is image 
noise. 

      

VII. DIGITAL IMAGE NOISE 

Producing an image in digital form and dividing the body 
into voxel and pixel samples does not introduce or add noise 
but is a major factor in controlling the noise coming from 
other sources within the imaging process.  This relationship 
is illustrated in Figure 9. 

 

    
Figure 9.   The relationship of digital image structure to the sources of 

image noise. 

 
Quantum Noise:  For both the x-ray and radionuclide 

imaging modalities the major source of image noise is the 
random distribution of photons that is captured in each 
sample (voxel or pixel) to form the images.  The noise 
value, sometimes expressed as the standard deviation of the 
concentration of captured photons, is inversely related to the 
photon concentration or receptor exposure.  For the digital 
imaging methods the “critical number” with respect to noise 
is the number of photons captured in each voxel or pixel as 
illustrated in Figure 10. 

 

 
 
Figure 10.  The relationship of image noise to the number of photons 

per pixel, or receptor exposure. 

 
There are two approaches to decreasing noise by 

increasing the number of photons per pixel.  One is to 
increase the exposure delivered by the x-ray beam or 
radionuclide and the other is to increase the size of the 
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voxels and pixels.  Both of these have adverse effects on 
other factors.  The first generally leads to increased 
radiation dose to the patient and the second contributes to 
decreased image detail.  These are the major factors that 
require consideration in the process of optimizing imaging 
procedure protocols.  

MRI Signal to Noise:  Noise is also a limiting factor with 
MR imaging.  Although the source of noise is very different 
from that with photon imaging, voxel size is also a 
controlling factor.  Since MRI uses RF signals the intensity 
of the signals, or signal strength, plays a major role in the 
amount of noise that appears in an image.  Noise in an 
image is decreased by reducing RF noise radiation from the 
body and by having a stronger RF signal coming from the 
tissue being imaged, or increasing the signal-to-noise (S/R) 
ratio.  There are several approaches to decreasing the noise 
component including RF coil design and selection, signal 
averaging, and the receiver bandwidth adjustment.  
However, it is the signal strength, not the noise radiation, 
which is related to voxel size. 

Every Voxel is a Signal Source: During the MR imaging 
process the body is divided into individual voxels.  During 
the acquisition phase of the procedure the combined actions 
of the slice selection, phase encoding, and frequency 
encoding gradients give the signals from each voxel unique 
values so that during the reconstruction phase the signal 
from a specific voxel is displayed in the corresponding 
image pixel.  The brightness of a pixel relates to the strength 
of the  RF signal from the voxel.  Image contrast is 
produced by the differences in RF signal strengths between 
the various tissues and anatomical areas. Image noise, 
however, is determined by the overall or average signal 
strength throughout the imaged area.  

The signal strength is determined by the level of tissue 
magnetization within each voxel which ultimately depends 
on the quantity of magnetic nuclei (typically protons) within 
a voxel. For a specific tissue this is directly determined by 
voxel size. 

When setting up an MR imaging protocol and selecting 
voxel size, it is a direct control on RF signal strength and 
the noise that will appear in the image.  

Conflicting Requirements: Now we see a problem! 
Increasing voxel size for the purpose of decreasing image 
noise can have the adverse effect of increasing image 
blurring and reducing visibility of detail.  That conflict is 
present in all modalities and methods that produce digital 
images and is one of the major issues to be considered in 
optimizing imaging procedures. 

VIII. OPTIMIZING DIGITAL IMAGING 
PROCEDURES  

In the process of setting up an imaging procedure 
protocol and selecting technique factors there are always 
conflicting requirements.  With x-ray and radionuclide 
procedures there is the need to balance image quality with 

radiation dose to the patient.  With MRI this compares to 
the general conflict between image quality and the desire for 
faster image acquisition which has significant clinical 
advantages. 

While setting up an optimized protocol usually begins 
with the non-digital factors such as adjusting the x-ray 
spectrum, control of scattered radiation, selecting RF coils 
in MRI, etc., it often  includes the selection and adjustment 
of voxel and pixel sizes.  That is the focus of our attention 
in this discussion.  To help us in visualizing the 
relationships and communicating with others we will use 
the analogy of a football game as illustrated in Figure 11. 

 

 
 
Figure 11. The Conflicting Goals in an Imaging Procedure. 

 
In a football game our team has only one goal to move 

the ball toward.  That makes it simple; just requires skill and 
much physical effort!   In medical imaging it is complex 
because “our team” has several competing goals as 
illustrated.  Each imaging protocol or set of technique 
factors is represented by a position of the ball somewhere 
on the field.  By changing factors the ball can be moved 
closer to one of the desirable goals.  The challenge is that as 
we move closer to one goal we are moving away from the 
other goals.  That is the problem we face in optimizing 
imaging procedures. 

What is Optimum Image Quality?  That is a universal 
question throughout medical imaging.  The answer for the 
most part comes from the combined and shared experiences 
of medical imaging professionals, especially radiologists, 
who have determined the image characteristics necessary to 
provide adequate visibility for the various clinical 
applications.  Physicists contribute by providing knowledge 
about the specific image quality factors and their 
relationships to imaging methods and technology.   

General image quality requirements along with imaging 
protocols and techniques for various clinical procedures are 
part of the “common knowledge” within the practice of 
radiology and supported by a variety of educational 
resources and references. While this provides a foundation 
for imaging there is still the opportunity to more fully 
optimize imaging procedures for variations in clinical 
requirements and patient characteristics. That requires an 
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understanding of the effect of the digitizing process on 
image quality. 

Evaluating Clinical Image Quality:  A first step in 
optimizing digital image quality is to evaluate images that 
are being produced.  This requires consideration of at least 
the three characteristics, contrast, detail, and noise.  The 
contrast can usually be adjusted as the image is being 
viewed (by windowing) but detail and noise are typically 
established during the acquisition and reconstruction of 
images.  Consultation among the radiologists, technologists, 
and medical physicists can determine if the detail and noise 
is appropriate or needs to be changed.  

Digital Imaging Procedure Optimization: With 
knowledge of image quality requirements for specific 
imaging procedures and the evaluation of images that are 
being produced, the imaging team can engage in the process 
of “continuing quality improvement” and the balance of 
image quality with other requirements such as managing 
radiation dose and image acquisition time.      

        
 

IX. CONCLUSIONS  

The incorporation of digital imaging within the medical 
imaging modalities provides many advantages and values 
but also major challenges.  The digitizing process has a 

significant effect on image quality in several respects.  
Because of the opposing effects, especially between detail 
and noise, imaging procedures must be optimized for 
maximum clinical benefit. 

The ultimate value of digital imaging in medicine will be 
obtained only when these concepts and practices are 
included in education and training programs for 
radiologists, technologists, medical physicists, and 
engineers.     
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Abstract- Purpose: the aim of this work was to quantify and 
assess the differences in dose computed using density 
correction methods integrated into the Pencil Beam 
Convolution (PBC) algorithm for planning target volumes and 
organs at risk. Methods and materials: 12 patients including 7 
chest cancers, 2 head and neck cancers, 2 brain cancers and 1 
prostate cancer were analysed. For each patient, 3 treatment 
plans were generated using exactly the same beam 
configurations. For plans 1, 2 and 3 the dose was calculated 
using Modified Batho method (PBC-MB), Batho Power Law 
method (PBC-BPL) and Equivalent Tissue Air Ratio method 
(PBC-ETAR), respectively. To evaluate the treatment plans, 
the monitor units, isodose curves, dose volume histograms, 
quality indexes and gamma indexes were compared. A 
statistical analysis was performed using the Wilcoxon signed 
rank test. Results: the difference in monitor units using PBC-
BPL was 1.6% (SD : 2.5) for lung and less than 1% for head 
and neck, brain and prostate. This difference was less than 1% 
for all sites using PBC-ETAR. The Wilcoxon test showed a 
statistically significant difference between PBC-MB and PBC-
BPL only for chest (p < 0.01). There was a statistically 
significant difference between PBC-MB and PBC-ETAR for 
chest (p = 0.02), head and neck (p = 0.02) and brain (p = 0.02). 
For dose volume histograms the difference between density 
correction methods was less than 1.1%. Wilcoxon test showed 
only a significant difference for minimum dose using PBC-
BPL. The three density correction methods showed similar 
quality (p > 0.05). 2D gamma analysis showed all pixels with 
gamma ≤ 1. Conclusion: the density correction methods based 
on 1D using PBC-BPL and PBC-MB produced a dose 
distribution close to PBC-ETAR which calculates the density 
correction in 3D. Therefore, we propose the use of the 
Modified Batho method to calculate the delivered dose. 

 
Key words: density correction, PBC, Modified Batho, Batho 
Power Law, Equivalent TAR 

I. INTRODUCTION  

The aim of radiotherapy is to deliver the prescribed dose 
to the tumour with a minimum dose to the surrounding 
healthy tissues. The International Commission on Radiation 
Units and Measurements (ICRU report No. 50, 1993 and 
report No. 62, 1999) recommends the dose to be delivered 
should be within ± 5% of the prescribed dose [1,2]. The 
dose calculation can be performed using different 
algorithms. These algorithms play a key role in treatment 
planning systems (TPS). The TPS Eclipse® (Version 8.1; 
Varian Medical Systems, Palo Alto, CA) incorporates the 
Pencil Beam Convolution (PBC) algorithm. The PBC 
algorithm includes three density correction methods for 
dose calculation in order to take into account the 
heterogeneity of tissues. The objective of this study was to 
compare the different density correction methods 
implemented in the PBC algorithm in terms of their ability 
to calculate the delivered dose in Monitor Units (MUs) and 
the dose distribution under a variety of clinical situations. 

II. MATERIAL AND METHODS 

A. Dose calculation algorithm 

In this study, the dose calculation was performed using 
the PBC algorithm incorporated in the Eclipse® TPS. The 
PBC algorithm is based on a pencil beam kernel 
convolution and computes the dose to the patient as the 
superposition of the total energy released per mass unit 
within an energy deposition kernel. The kernel represents 
the spread of energy from the primary photon interaction 
site throughout the volume. To model the heterogeneity, the 
kernels vary with electron density based on the electron 
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density scaling theorem. Heterogeneity corrections are 
always based on relative electron densities obtained from a 
CT-Scan. Calculations with density correction were 
performed using three density correction methods: Batho 
Power Law (PBC-BPL), Modified Batho (PBC-MB) and 
Equivalent Tissue Air Ratio (PBC-ETAR). This process 
involved two stages: first, a relative dose distribution was 
calculated within a medium of homogeneous water–
equivalent composition, and then an Inhomogeneity 
Correction Factor (ICF) was added. This factor makes 
adjustments to the uncorrected distribution to account for 
variations in tissue density [3,4,5,6,7,8]. The ICF is thus 
defined as: 

ICF= Dose in heterogeneous medium divided by Dose at 
the same point in homogenous medium                           (1) 

 
Batho Power Law method: this method was proposed by 
Batho in 1964 and then generalized by Sontag and 
Cunningham. It calculates the density distribution in one 
dimension 1D. The correction factor is given by: 
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Where: N is the number of layers of different densities 
above the point of calculation, m: layer number, Xm: 
distance from point of interest to the surface of the mth 
layer. ρm and ρ0 are the electron densities of the mth layer 
and that of water, respectively. Nen )/(   and wen )/( 

 
are the mass energy absorption coefficients of the material 
in layer N and that of water, respectively. 
 
Modified Batho method: this method is based on the 
Tissue Maximum Ratio (TMR) and calculates the density 
distribution in 1D. The correction factor is given by: 
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where µm and µw are the linear attenuation coefficients of 
the material in layer m and water respectively; Zbu is the 
build-up depth and Zm is the distance along the beam from 
the surface to the layer m in the phantom.  
 
Equivalent Tissue Air Ratio method: this method 
calculates the density distribution in 3D and uses full CT 
information to account for scattered radiation. It uses the 
Tissue Air Ratio (TAR) dependent on the effective beam 
radius ( r~ ) to take account of scattered radiation and 
effective depth ( d ) for primary beam correction. The 
correction factor is given by: 
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where r~,d : are the effective values of depth (d) and beam 

radius (r) respectively.  

B.  Treatment plan design 

For each patient, 3 treatment plans were generated using 
exactly the same configuration of beams, collimator and 
accessories. The doses in plans 1, 2 and 3 were calculated 
using PBC-MB, PBC-BPL and PBC-ETAR, respectively. In 
all plans, the dose was prescribed at a single reference point, 
as recommended by ICRU. The dose using PBC-MB was 
taken as the reference plan and was the one used to treat the 
patients. The reference treatment plans were designed 
according to the clinical experience of the department and 
ICRU recommendations. For the Planning Target Volume 
(PTV), 95% of the prescribed dose encompassed the volume 
and the maximum dose within the PTV was under 107% of 
the prescribed dose. For organs at risk (OAR), the 
recommended dose constraints were respected.  

C. Clinical cases 

This study included 12 patients presenting a wide range 
of tumor types and cancer sites: 7 chests, 2 head and neck, 2 
brains and 1 prostate. These patients were irradiated using 
3D- Conformal Radiation Therapy. Table 1 shows the tumor 
location, the number of PTV, the total prescribed dose (Gy), 
and the number of fields and energies (MV) for each 
patient. 

 
Table 1 The tumor location, PTV number, total prescribed dose, 

number of treatment fields and energies for each patient. 

 
Patient Site PTV Dose  

(Gy) 
Fields Energy 

MV 
1 Chest 2 66 6 18 
2 Chest 3 66 14 18 
3 Chest 3 70 10 18 
4 Chest 2 60 9 18 
5 Chest 2 60 12 18 
6 Chest 2 54 8 18 
7 Chest 2 90 6 6 
8 Head and 

neck 
3 60.7 12 6 

9 Head and 
neck 

3 72 12 6 

10 Brain 1 36 5 6 
11 Brain 1 40.5 4 18 and 9  
12 Prostate 2 70 10 18 

D.  Treatment plan evaluation 

Dosimetric analysis: in order to evaluate the treatment 
plans, the following dosimetric parameters were used and 
compared:  
MUs: for each patient and each field the MUs calculated 
using PBC-MB, PBC-BPL and PBC-ETAR in plan 1, 2 and 
3 were compared. 
Isodose curves: the 95% and 100% isodose curves inside 
the PTVs were compared. 
Dose volume histogram (DVH): for each PTV, minimum 
dose, mean dose and maximum dose as well as the 
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calculated dose delivered to 95% of the PTV (D95) were 
compared.  
Quality index: we used the Conformity Index (CI) defined 
as the ratio of the minimum dose encompassing the PTV to 
the prescribed dose, to compare the plan conformity. We 
used the Homogeneity Index (HI), defined as the ratio of the 
maximum dose to the PTV to the prescribed dose, to 
compare the homogeneity dose for PTV. The PTV 
Conformity Index (CIPTV), defined as the PTV volume 
receiving more than 95% of the prescribed dose divided by 
the PTV volume, was used to compare the degree of 
conformity of the prescribed dose. We used the geometrical 
index (g) to compare the geometric conformity to PTV and 
normal tissues, where g = (VPTV +VNT) / PTV volumes. VPTV 
designates the PTV volumes receiving a dose less than 
100% of the prescribed dose. VNT are the normal tissue 
volumes receiving 100% of the prescribed dose [9,10].  
Global analysis: the gamma index was introduced by Low 
et al [11]. In this study, a 2D gamma index was used to 
compare the dose distribution using the CT-Scan image 
including PTV and the OAR. The DICOM image for each 
patient was exported from TPS Eclipse® to RIT-113® 
(Radiation Dosimetry Systems, Version 5.2). The matrix 
center was aligned with the isocenter. The dimensions used 
were 20x20cm². For this study, the gamma criterion was set 
at 3% for the dose and 3mm for the “Distance to 
Agreement”. The 2D gamma analysis was displayed using a 
gamma plot and gamma pixel histogram indicating the 
fraction of pixels with a gamma index equal or below a 
specific value. A mean value of gamma ≤ 1 indicates 
agreement between dose distributions. We considered that 
the dose distribution using PBC-MB agreed with the dose 
distribution calculated with PBC-BPL or PBC-ETAR if 
95% of pixels had gamma ≤ 1. 
Statistical analysis: Wilcoxon signed rank test was used to 
assess the statistical significance of differences. Language 
R® (version 2.15.2/2012-10-26) was employed to calculate 
p-values with an alpha error equal to 5%. A p-value < 0.05 
was considered as statistically significant. Data are 
presented as Mean ± Standard Deviation (SD). 

III. RESULTS 

MUs: Table 2 summarizes the dosimetric and statistical 
results for the MUs. It can be seen that the Wilcoxon test 
showed a statistically significant difference between PBC-
MB and PBC-BPL only for the chest. The comparison 
between PBC-MB and PBC-ETAR showed that the 
difference was statistically significant for chest, head and 
neck, and brain. Figure 1 shows the beams distribution as a 
function of difference in MUs (%) for all fields.  

Table 2 Dose difference in MUs between PBC-MB and PBC-BPL or 
PBC-ETAR for plans 1, 2 and 3; p-value: using Wilcoxon signed rank test; 
SD: Standard Deviation. 

Patient MB vs BPL MB vs ETAR 

 Mean ±SD p-value Mean ±SD p-value 

Chest 1.6±2.5 < 0.01 0.2±2.1 0.03 

Head and 
neck 

0.1±1.1 0.5 0.7±1.4 0.02 

Brain 0.4±0.6 0.2 0.6±1.2 0.02 

Prostate 0.2±1.1 0.7 0.1±0.7 1 

 

 

   Fig. 1 Beam distribution as a function of difference in MU for all fields. 

Isodose curves: there was no hot spot either in normal 
tissues or within the PTV in any treatment plan. In the 
transverse plan, we found that the 95% line calculated by 
the three density correction methods included the whole 
PTV whatever its location. There was no difference in the 
100% isodose curves. Figure 2 shows the transverse views 
of isodose distribution curves for plan 1, 2 and 3 with 
heterogeneity correction.  

 

Fig. 2 Transverse views of isodose distribution curves for plan 1, 2 and 
3 using density correction methods: PBC-MB, PBC-BPL and PBC-ETAR, 
respectively. A dose of 66Gy was prescribed at isocenter for lung in plans 
1, 2 and 3. Yellow colouring shows the PTV. Red, green and orange 
colouring show100%, 95% and 40% isodose curves, respectively. 

DVH: Table 3 summarizes the dosimetric and statistical 
results for PTV. It can be seen that the difference between 
PBC-MB and PBC-BPL was less than 1.1%, but the 
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difference between PBC-MB and PBC-ETAR was less than 
0.6% for all sites. Figure 3 shows the DVH for lung using 
the three density correction methods.  

Table 3 Dose volume parameters for planning target volume for all 
patients. D95: the calculated dose delivered to 95% of the PTV volume; p-
value: Wilcoxon signed rank test; SD: Standard Deviation.  

 

Plans Dose Minimum 

dose 

Mean 

dose 

D95 Maximum 

dose 

BPL Mean ±SD 1.1±1.2 0.1±0.7 0.9±2.3 0.6±1.1 

 p-value 0.001 0.4 0.06 0.05 

ETAR Mean ±SD 0±2.6 0.2±1.1 0.5±1.7 0.6±1.2 

 p-value 0.43 0.1 0.6 0.1 

 

Quality indexes: Table 4 summarizes the quality indexes 
for all patients using the three density correction methods. A 
Wilcoxon test showed that there was no statistically 
significant difference between all indexes, (p > 0.05). 

 
Fig. 3 Cumulative dose volume histograms for PTV located in lung. 

The histograms were calculated by PBC- MB, PBC-BPL and PBC-ETAR 
for plans 1, 2 and 3 respectively.  

 
Table 4 Quality index for all patients using PBC-MB, PBC-BPL and 

PBC-ETAR for plans 1, 2 and 3 respectively. CI: Conformity Index; HI: 
Homogeneity Index; CIPTV: Conformity Index for planning target volume 
and g: geometrical index; p-value: Wilcoxon signed rank test; SD: 
Standard Deviation. 

 Index CI HI CIPTV g 

MB Mean ±SD 0.8±0.2 1.1±0.04 0.8±0.2 0.2±0.2 

BPL Mean ±SD 0.8±0.2 1.1±0.04 0.8±0.2 0.2±0.2 

 p-value 1 0.3 0.2 0.2 

ETAR Mean ±SD 0.8±0.2 1.1±0.04 0.8±0.2 0.2±0.2 

 p-value 1 0.09 0.6 0.05 

 

Global analysis: 2D gamma analysis showed that the mean 
values of gamma were less than unity using PBC-BPL and 
PBC-ETAR, compared to PBC-MB. The results for the 
gamma pixel histograms showed that the 95% of pixels had 
gamma ≤ 1 using the set criteria (3%, 3mm). Figure 4 shows 
2D gamma plots in the traverse plane, comparing PBC-MB 
with PBC-BPL and PBC-ETAR for chest cancer. The 
gamma plot was calculated in 2D using DICOM images 
including the PTV and OAR. The rectangles in figure 4 
show the PTV and the red shading indicates that gamma 
values were unity (outside tolerance limits). We note a 
small area with gamma >1 using PBC-BPL, but using PBC-
ETAR all pixels had gamma <1. Figure 5 shows the 2D 
gamma pixel histograms obtained from the comparison 
between PBC-MB and PBC-BPL and PBC-ETAR for chest 
cancer. In this case we note that the condition of 95% of 
pixels with gamma ≤ 1 is satisfied.  

IV. DISCUSSION  

There is a wide variety in the algorithms used to apply 
density corrections. The report of Task Group No.65 of the 
Radiation Therapy Committee of the American Association 
of Physicists in Medicine has classified the density 
correction methods into two general categories according to: 

 the description of the density correction (1D or 3D)  
 the inclusion or exclusion of electron transport 

 
Fig. 4 gamma plot in 2D comparing PBC-MB with PBC-BPL, and with 

PBC-ETAR for chest cancer. The gamma plot was calculated in 2D using 
DICOM images including the PTV and OAR. We note that there was a 
small area with gamma >1 in the PTV using PBC-BPL, but all pixels had 
gamma <1 using PBC-ETAR.  
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Fig.5 Gamma pixels histograms in 2D obtained from the comparison 
between PBC-MB with PBC-BPL and PBC-ETAR for chest cancer. In this 
case we note that the condition of 95% of pixels with gamma ≤ 1 is 
satisfied. 

 
In this study three density correction methods that are 
frequently integrated into the PBC algorithm were used. 
None of these methods take into account the changes in 
lateral electron transport. The modified Batho method is 
based on an empirical correction factor that uses TMR and 
calculates the dose in 1D. The Batho Power Law method 
applies a correction factor using TAR and calculates the 
dose in 1D. The ETAR method calculates the dose in 3D. In 
this study for simple heterogeneous tissues such as head and 
neck, brain and prostate, there was no statistically 
significant difference between MU results for PBC-MB and 
PBC-BPL, but the difference was highly significant for 
chest (p < 0.01). This suggests that the low density nature of 
lung tissue influences the dose distribution. Using the PBC-
ETAR method the difference was statistically significant for 
chest, head and neck and brain. For tumors located in high 
density tissues such as the prostate the three density 
correction methods calculated the same MUs, (p = 1). The 
inaccuracy between the density correction methods is due to 
the nature of the correction factor, which influences the 
dose calculation. However, all three methods showed the 
same quality indexes for all clinical cases, as shown in 
Table 4. The global analysis, based on 2D gamma, showed 
that the three density correction methods calculated the 
same dose distribution for each patient including PTV and 
OAR. In all cases the mean values of gamma were less than 
unity and 95% of pixels had gamma ≤ 1. We observed that 
the PBC-MB method currently offers the best compromise 
between under dosage and over dosage for PTV. Therefore, 
in our department we propose this method to calculate the 
dose for all cancers whatever the site. 

V.  CONCLUSION 

In this study we compared the density correction method 
PBC-MB with PBC-BPL and with PBC-ETAR. We 
generated 3 treatment plans for 12 patients presenting a 
wide range of tumor types and sites. The inaccuracy 
between density correction methods was 1.6% for MUs and 
1% for DVH. However, the methods showed similar quality 
indexes (p > 0.05). We propose that the Modified Batho 
method PBC-MB is used to calculate the delivered dose. 
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Abstract—  Most treatment units that utilize a radioactive 
source are equipped with a timer that measures the source-
on interval; however, independent verification of the 
accuracy of this internal timer for each treatment is part of 
a comprehensive QA program. Design and implementation 
of a new device used to automatically measure the total 
integral time that a radioactive source spends outside the 
safe will be presented. Most radiation therapy rooms have 
installed a radiation detector unit operating independent of 
the radiation producing device. One wall mounted sample of 
such device is a simple Geiger Muller (GM) counter known 
as the "PrimAlert-35" made by Nuclear AssociatesTM that 
will illuminate when placed in radiation field. Using a digital 
timer known as "Veeder Root TimerTM" connected to the 
auxiliary output of a PrimAlert-35, we were able to visualize 
the signal on an oscilloscope screen and determine that is 
was a step function. We also found that auxiliary output is a 
200 millisecond pulse when in alarm condition, and the 
timer could not track the pulse because of the oscillation of 
the signal. A circuit was then designed and added to the 
PrimAlert-35 unit to stretch the 200 ms pulse so that it 
appears to be a non-pulsing signal at a constant DC level. 
This allowed us to measure the time interval for as long as 
the PrimAlert-35 was active. This is an equivalent time for 
the source being out of the safe. Our timer can be utilized to 
enhance the quality assurance program necessary for the 
safe implementation of an HDR brachytherapy or Co-60 
teletherapy program. 

Keywords— Quality Assurance, Teletherapy, 
Brachytherapy, Radioactive Sources. 

I. INTRODUCTION  

In the past few decades high dose rate (HDR) 
brachytherapy has become a significant modality in the 
treatment of cancer. HDR sources are capable of 
delivering high doses of radiation in very short time and 
hence, from the radiation safety point of view, are a cause 
of concern for radiation oncologists, physicists and staff. 
The high activity of the source requires a very precise 
timing system for accurate dose delivery. 

Dose is delivered to the patient by dwelling the source 
at set locations for specific amounts of time. Dwell times 
are calculated by complex radiation treatment planning 
systems (TPS) for a set number of dwell positions 
determined from 3-dimensional imaging. For the accurate 
delivery of treatment, the HDR is equipped with a 
redundant set of timers that measure and monitor the total 

time that the radiation source sits in each of the dwell 
positions, as well as the total treatment time. The HDR 
room is also equipped with a Gamma area monitor, which 
alerts staff if radiation level exceeds a certain limit. This 
function is very important since it assists in identifying 
the status of source position: whether the source is in or 
out of the safe. A comprehensive HDR quality assurance 
program necessarily must establish and follow proper 
definitions of clinical and machine parameters [1,2], one 
of the most important being the accuracy of the total 
treatment time. Yet most clinics will verify the timer 
accuracy by hand with a stopwatch, a method prone to 
subjective error. In this article, we present the design and 
implementation of a timer device that gives the integral 
“source-on-time” and its implementation as part of our 
HDR QA program. This device when added to the 
Gamma monitor “PrimAlert-35”, measures the time for 
which the source of radiation is outside the shielded area, 
hence providing an independent method to monitor the 
active “source-on-time”. This additional measurement 
will also serves as a double check on the total treatment 
time given by the HDR planning system. Such a timing 
system can also be used to verify the source-on-time for 
Co-60 teletherapy systems in developing countries or 
utilized in new emerging technologies, such as MR-RT 
machines. 

II. METHODS AND MATERIALS  

Measurements were made using our Varian HDR unit 
(iX) and a commercial simple Geiger Muller (GM) 
counter (Figure 1) known as the "PrimAlert-35" 
manufactured by Fluke BiomedicalTM. The PrimAlert-35 
is a compact G-M counter monitor that responds to 
scatter radiation and can be mounted anywhere inside of 
the treatment vault. It is implemented in high radiation 
areas as an independent monitor of ambient radiation 
levels. A visual indicator light illuminates when the 
measured radiation level reaches a certain threshold. It 
has a range indicator at 1, 2, 4, 8, 16, and 32 mR/hr that 
allows an immediate assessment of the radiation risk. The 
light for each level goes on when the radiation intensity 
reaches that level, and goes out when the rate drops 
below the level. If the alarm threshold is set to the highest 
sensitivity, it will trigger the indicators at radiation levels 
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of about 5 times the background level, approximately 
0.02 mR/hr.  

The circuit diagram of the PrimAlert-35 is relatively 
simple and operates using a 12VDC power supply. The 
timer’s input signal can easily be taken from the output of 
this detector unit. 

 
Figure 1. Sample image of a PrimAlert-35 G-M Radiation Detector 

 
For the purpose of this project, we designed a circuit 

diagram depicted in Figure 2 with simple plug-in at the 
output of the PrimAlert-35 device, to start a timer exactly 
concurrent with the triggering of the PrimAlert-35. Of all 
radiation detector types, the G-M counter produces 
signals of the same amplitude as soon as finds radiation 
present, regardless of strength of radiation source in the 
area. At the instant the detector is activated via presence 
of a source, the timer turns on and remains on as long as 
the detector remains active. Because of the high activity 
of the source, this means that the timer activates almost 
immediately after it has been deployed from the safe, and 
measures the time it takes for the source to return. 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

The total time the source was out of the safe was 
measured manually with a stopwatch and with the 
automated timer circuit. The stopwatch was activated as 
close as possible to when the PrimeAlert alarm was 
activated. The dwell position was set to 100 cm from the 
afterloader and the dwell times were set to span the range 
of clinically relevant treatment dwell times. 

III. RESULTS  

A series of measurements (Table 1) were made using 
the new PrimAlert-35 device with the additional timer 
circuit attached. These measurements were checked 
against the internal timer of the HDR unit, a manual stop 
watch used to measure the radiation on-time from the 
control console, and the auto timer from the circuit 
diagram shown in figure 2 located in the patient treatment 
room. The dwell location was 100 cm from the 
afterloader. The contribution from transit time has been 
subtracted from both measurements  

IV. DISCUSSION  

As shown in Table 1, the ability of the timer circuit to 
accurately measure the dwell time is comparable to 
manual timing. The timing circuit averages a higher 
deviation by approximately 0.2 seconds, which may be 
caused by the configuration of the pulsed circuit as it 
operates on a 0.2 s period step-function. The anticipated 
transit time effect does not appear to have a large 
influence on the timing results. The manufacturer cites 
the transit speed of the source between 50-60 cm/s, with 
an average of 55 cm/s [3]. This should introduce ~3.8 – 4 
s worth of transit time exposure over the course of 100 
cm from the safe to target and back to safe. The timing 
circuit is also accurate over the relevant clinical ranges 
and shows a high degree of reproducibility 
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The timer can also be used as an independent 
verification of the total source exposure time for patients 
treated with HDR brachytherapy or Co-60 teletherapy. 
The transit time for each patient’s HDR plan can be 
quickly subtracted off with minimal effort. Obviously, 
teletherapy treatments will not have the added complexity 
of incorporating transit time. 

The automated timer can also be used for efficient and 
objective daily and monthly timer tests, simplifying the 
process of these QA tests. 

V. CONCLUSIONS  

We developed a method to obtain automatically the 
period of radiation on-time for the HDR I-192 source 
using a specially designed timer circuit. By this method, 
we could quantitatively measure the total time the source 
is out of the safe. This timer can be implemented as part 
of a rigorous QA program for HDR brachytherapy or Co-
60 teletherapy units in an effort to reduce the 
susceptibility of measurement bias introduced by human 
involvement. The timer results can also be utilized as an 
independent validation of each patient treatment. This 
circuit can be integrated into the in-room radiation 
monitor. Our timer circuit is a simple and cost-effective 
method to provide independent verification of timer 
systems utilized in modern radiation therapy. 

 
Table 1 Comparison of manually measured and automatically 

measured time of source exposure. Manual measurements were 
performed using a stopwatch for total source-out time. Automated timer 
measurements were generated by the PrimAlert timer circuit. Transit 
time was subtracted assuming 50 cm/s transit speed to a dwell position 
at 100 cm. All units are in seconds. 

 
Computed 
Dwell Time 

Manual 
Timer 

Automated 
Timer with 
Transit 
Time 

Automated 
Timer 
without 
Transit 
Time 

10 11.5 13.3 9.6 

30 31.6 36.0 32 

50 52.4 55.5 51.5 

70 71.2 76.1 72.1 

90 90.6 95.8 91.8 

120 120.2 125.1 121.1 

150 151.0 155.9 150.9 

200 201.1 204.8 200.8 
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Abstract— While the principle of tomosynthesis has been 
known for almost a century, digital breast tomosynthesis 
(DBT) is a novel technology that owes its rapid development 
to the introduction of full-field digital mammography 
(FFDM). This review article covers the principles and design 
considerations of DBT, including system geometry. Further, 
the article provides an in-depth introduction to DBT 
dosimetry, and discusses recent studies on several breast 
imaging applications, which highlight the potential for 
clinical performance improvements due to DBT.   

Keywords— Tomosynthesis, breast imaging, mammography, 
breast cancer  

I. INTRODUCTION  

For the past decades, x-ray projection imaging of the 
breast, also known as mammography, has been the 
workhorse of the breast-imaging suite.  Mammography is 
the recommended breast-cancer screening tool for most 
women. Breast cancer screening with mammography is 
estimated to account for about half of the 24% reduction 
in breast cancer mortality achieved between 1975 and 
2000 [1]. A screening mammography exam consists of 
two anatomic projections along the cranio-caudal (CC) 
and mediolateral-oblique (MLO) directions for each 
breast. 

Diagnostic mammography is the primary problem-
solving tool for breast abnormalities. Its uses include the 
work-up of screen-detected findings, or the short-term 
follow-up of probably benign lesions, with a 31.4% 
positive predictive value for biopsy recommendations [2]. 

Despite these successes, mammography is limited by 
tissue superimposition. Overlaying dense tissues can 
mask tumors, potentially leading to a missed cancer. 
Furthermore, overlapping structures can mimic the 
appearance of a tumor and thereby cause a false-positive 
recall or biopsy.  Tomosynthesis imaging has the 
potential to overcome these limitations by adding depth 

resolution to a mammogram [3–6]. In tomosynthesis, a 
sequence of projection views is acquired while the x-ray 
source travels along an arc. The projections are then 
reconstructed into a quasi-three-dimensional image 
volume. Conceptually, tomosynthesis could be 
considered a limited-angle CT scan.  

 

Fig. 1 (a) Tomosynthesis data acquisition and (b) shift-and-add image 
reconstruction. In this schematic, three source positions (s1-s3) are 

shown, while in an actual DBT unit, the number of projection views 
ranges between ~10 and 30 (see Table 1).  

Tomosynthesis data acquisition and image 
reconstruction are shown schematically in Fig. 1. Within 
the object to be imaged, two structures are located at 
different depths, indicated by depth A and depth B (Fig. 
1a). In each projection view, the x-ray source angle is 
different and therefore structures at different depths are 
projected onto different locations. Figure 1b shows an 
example of shift-and-add reconstruction: A reconstructed 
plane at a given depth in the object is obtained by adding 
all projection views. Depending on the imaging 
geometry, the projections are shifted and minified prior to 
summation. As seen in the reconstructed (i.e., 
tomosynthesis) planes A and B, the structure that is 
actually located at the corresponding depth is in-focus, 

(a) Acquisition (b) Reconstruction 
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whereas the structure above or below is blurred. Thus, 
each reconstructed tomosynthesis plane contains image 
information from the entire object. This is different from 
a CT image, where structures outside the reconstructed 
image plane are removed entirely. 

The principle of tomosynthesis was demonstrated as 
early as 1932 by Ziedses des Plantes [7]. Film-based 
clinical prototypes were built in the 1970s-1980s [8,9]. 
Digital breast tomosynthesis (DBT) was pioneered in the 
1990s by Niklason, Kopans and colleagues [10,11], 
owing to advances in large-area flat-panel detector 
technologies [12]. Originally, these detectors were 
developed for use in full-field digital mammography 
(FFDM), which received approval by the Food and Drug 
Administration of the United States (FDA) in 2000. 
Piggybacking on these technological advances, digital 
breast tomosynthesis received FDA approval for use in 
breast cancer screening and diagnosis merely a decade 
later.  

II. IMAGE CHARACTERISTICS 

The overall image appearance of a DBT image is 
similar to that of a conventional mammogram. Figures 2 
and 3 show examples of benign and malignant breast 
masses imaged with mammography and tomosynthesis.  

 

Fig. 2 (a) Mammogram and (b) tomosynthesis image of a benign breast 
mass (arrows) demonstrating enhanced visibility in the latter. 

Reproduced, with permission, from Park JM, Franken EA, Garg M, 
Fajardo, LL, Niklason, LT. Breast tomosynthesis: Present 

considerations and future applications. Radiographics, 2007, vol 27 
Suppl. 1, pages S231–40. 

The smooth margin of the benign mass in Fig. 2 is 
difficult to perceive in the mammogram because of 
overlaying densities that are projected onto the same 

location in the image. In the tomosynthesis image, the 
sharp lesion margin is clearly visualized, as confounding 
out-of-plane structures are removed (i.e., blurred).   

In Figure 3, the tomosynthesis image reveals ductal 
infiltration by the cancer, which is not seen in the 
mammogram due to masking by overlapping 
fibroglandular tissue.  

Thus, tomosynthesis potentially depicts benign lesions 
more clearly, decreasing recall rates, and reveals breast 
lesions that are not seen in a mammogram, thereby 
increasing breast cancer detection rates.  

  

 

Fig. 3 (a) Mammogram and (b) tomosynthesis image of a malignant 
breast tumor (DCIS). Note the ductal extension of the cancer, seen only 

on tomosynthesis (white arrow). Reproduced, with permission, from 
Park JM, Franken EA, Garg M, Fajardo, LL, Niklason, LT. Breast 

tomosynthesis: Present considerations and future applications. 
Radiographics, 2007, vol 27 Suppl. 1, pages S231–40. 

 
The spatial resolution of a tomosynthesis image 

volume is highly anisotropic. In planes parallel to the 
detector surface, resolution approximates that obtained by 
mammography, while depth resolution is poor. Due to the 
limited angle scan, depth resolution depends both on the 
scan angle () and the extent of an object along the scan 
direction. As a rule of thumb, an object of extent (x) 
persist across a depth (d) of about  

 
  d = x/tan(/2)    (1) 
 
Thus, depth resolution is better for small structures, 

i.e., microcalcifications typically only persist across a few 
tomosynthesis planes. Due to the highly anisotropic 
image volume, typical voxel dimensions in tomosynthesis 
are 100 m x100 m in-plane, and 1mm in-depth. 

III. SYSTEM DESIGN CONSIDERATIONS 

A large number of factors need to be considered when 
designing a DBT system. The basic components are 
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similar to those of a mammography system, such as the x-
ray source and, for most systems, the flat-panel digital 
detector. Therefore, a DBT system can typically also be 
used for the acquisition of a conventional projection 
mammogram. In fact, the standard imaging protocol of 
the Hologic Selenia Dimensions system is to first acquire 
a FFDM, and then to retract the anti-scatter grid to 
perform a tomosynthesis scan, all while the breast is 
under compression. The total dose of this combined 2D + 
3D imaging protocol is below the MQSA limit of 3 mGy 
per view when imaging the mammographic accreditation 
phantom.   

However, actual requirements for tomosynthesis differ 
from those of a mammography system, and many 
represent trade-offs: 

 X-ray beam quality and gantry motion   DBT systems 
tend to use higher x-ray tube potentials than what is used 
in FFDM, but with a relatively low-Z filter. Overall this 
produces x-ray beams with a lower effective energy, but 
allows for more efficient x-ray tube operation.  [13]. The 
x-ray gantry for most tomosynthesis systems travels 
along an arc (for an in-depth discussion, see [3,14]). 
While the gantry moves, the x-ray beam can be 
continuously “on”, or pulsed. Other systems employ a 
step-and-shoot operation (Table 1). The advantage of 
step-and-shoot over a continuous beam is the elimination 
of focal spot motion blur in the projection image. On the 
other hand, the overall acquisition time in a step-and-
shoot system tends to be longer, making the system more 
susceptible to patient motion.  

In most DBT systems, no anti-scatter grid is used 
because the source-detector geometry is different in each 
projection view. In some systems, the source-detector 
configuration remains constant during the scan [15]. This 
particular system has minimal scatter because it employs 
a slit-scanning photon counting detector. The GE 
SenoClaire is advertised to use an anti-scatter grid, but 
the actual implementation is proprietary.  

X-ray detector   The dose-dependence of the detector 
DQE is important in tomosynthesis systems, as the 
exposure to the detector per projection is at least an order 
of magnitude lower than that in FFDM [16]. Since 
electronic noise is independent of the detector entrance 
exposure, it can exceed quantum noise levels and reduce 
detection efficiency. In addition, temporal detector 
performance, such as lag and ghosting, needs to be 
considered. Electronic readout time should be below that 
of the overall scan time, and is sometimes reduced by 
pixel binning. In principle, photon-counting detectors are 
well suited for tomosynthesis because they do not exhibit 
electronic noise and have excellent temporal 
performance. Additionally, photon-counting detectors 
perform well in low count-rate applications, such as 
tomosynthesis [17,18]. Therefore, the Philips (Sectra) 
prototype DBT system uses a photon counting detector. 
Detectors for tomosynthesis are discussed in detail in 
[19].  

Scan parameters   The choice of the scan angle, and to 
a lesser amount the choice of number of views, greatly 
affect image quality of the tomosynthesis image. A 
number of investigators have studied the impact of these 
parameters on the detection performance over a range of 
signal sizes [20–24]. Consensus was found that increasing 
the scan angle increases the detectability of tumor-sized 
objects (~1cm diameter), while small scan angles 
improve detection of small-scale signals, such as 
microcalcifications and spiculations (Fig. 4). Current 
commercial DBT systems and prototypes utilize a wide 
variety of scan parameters (Table 1). The optimal 
parameter choice for DBT will likely depend on the 
physical factors of the system components, as well as the 
image reconstruction algorithm used. The clinical 
application may play a role as well. 
 

Fig. 4 Ratio of detectability index for a spherical signal in a DBT slice 
to that in a single projection, when an equal number of photons is used 

to acquire the tomosynthesis scan or the single projection, for scan 
angles of 15, 30 and 60, and 11 views (solid line) and 21 views (dashed 

line). These data are the result of a tomosynthesis simulation that 
assumed an ideal system, without degradation due to physical factors 

such as limited x-ray detection efficiency or detector blur. Details of the 
simulation can be found in [25] . 

Image reconstruction The image reconstruction 
algorithm strongly affects the image quality in 
tomosynthesis imaging [26–28]. Early systems made use 
of modified filtered-back projection algorithms.  

Table 1 Design parameters of commercial tomosynthesis units.  

Model scan 
angle 
(deg) 

# of 
views 

x-ray 
operation  

scan 
time 
(sec) 

Reconstruction 
algorithm 

Hologic Selenia 
Dimensions* 

15 15 continuous 
(pulsed) 

4.5 FBP-based 

Siemens 
MAMMOMAT 
Inspiration** 

50 25 continuous 
(pulsed) 

20 FBP-based 

Giotto** 40 13 step-and-
shoot with 
variable 
dose/view 

 iterative  
 

GE 
SenoClaire** 

24 9 step-and-
shoot 

7-10 iterative 
(ASIR) 

* Approved for breast cancer screening and diagnosis by the Food 
and Drug Administration of the United States (US) 

  ** CE mark  
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The appeal of this algorithm lies in its simplicity and 
short reconstruction time, but it can produce artifacts 
when the view sampling is sparse. Additional filtering is 
typically used to improve its performance in 
tomosynthesis [29,30]. Some DBT systems employ 
iterative reconstruction algorithms, which are better 
suited to reconstructions from limited angle, few-view 
projections (see Table 1) [28,31–33]. 

IV. RADIATION DOSIMETRY 

In gross terms, the breast is composed of three types of 
tissue: glandular, adipose and skin. Since the risk of 
development of breast cancer in adipose tissue is 
minimal, breast radiation dosimetry is concerned only 
with the dose deposited in the glandular tissue of the 
breast. Therefore, since it was proposed by Hammerstein 
et al in 1979 [34], the metric of choice to estimate dose in 
x-ray breast imaging is the mean glandular dose (MGD, 
sometimes also referred to as the average glandular dose 
[AGD]), which means the absorbed dose to all the 
glandular tissue of the breast in the field of view. It is 
important to note that in breast imaging, due to the use of 
x rays of relatively low energy, the variation in the 
glandular dose deposited in different regions of the same 
breast during one acquisition can vary considerably with 
tissue depth [34–36]. 

One complicating factor for estimating the MGD is 
that although glandular tissue tends to be concentrated 
towards the center of the breast, the amount and spatial 
distribution of glandular and adipose tissue in a breast is 
random, and can vary widely among women. To avoid 
this complication, Hammerstein et al proposed that, for 
comparison purposes among techniques, the MGD be 
estimated assuming that the breast is composed of a 
homogeneous mixture of adipose and glandular tissue 
surrounded by a layer of skin [34]. Of course, since this 
definition of the breast tissue is not representative of any 
patient breast, Hammerstein et al stated that risk estimates 
should not be made from MGD. Recent studies have 
shown that using MGD to a homogeneous breast as an 
estimate of absorbed dose to the glandular tissue portion 
of an actual patient’s breast can result in large errors 
[37,38]. For two reasons, however, the use of the MGD 
with the homogeneous breast assumption has become the 
de facto standard in breast dosimetry. In the first place, it 
is very challenging to estimate the actual MGD to an 
actual patient breast considering its real tissue 
distribution. In addition, for most applications having a 
relative, rather than an absolute, dose estimate is 
sufficient. Specifically, for quality control and assurance, 
technique optimization and comparison of imaging 
technologies, having a metric that correlates with risk and 
is relatively easy to estimate is not only sufficient, but 
desirable. Therefore, the MGD and how it varies with 

patient and imaging system characteristics has been 
studied extensively in mammography [39–44]. 

Of course, these studies do not actually provide and 
analyze values for MGD, but rather for its normalized 
version, the normalized glandular dose (DgN). This 
metric is simply the MGD normalized by the air kerma 
(or exposure) at the top surface of the breast (on the side 
where the x rays are incident). The DgN can be thought of 
as the conversion factor from entrance air kerma to MGD. 
From the studies of DgN in mammography it is known 
that this conversion factor is a function of breast 
thickness, glandular density and x-ray spectrum [39–44]. 
In DBT, the impact on DgN of a new acquisition 
parameter, the projection angle, was studied by 
Sechopoulos et al [45,46]. In those studies, the authors 
found that the impact of the projection angle on DgN 
varies only with breast thickness and size, and is mostly 
independent of glandular density and x-ray spectrum. 
Therefore, Sechopoulos et al proposed that for calculation 
of MGD in DBT imaging, the DgN data for 
mammography could be used with the addition of a new 
factor, the relative glandular dose (RGD), which 
introduces the variation in DgN due to the variation in 
position of the x-ray tube during tomosynthesis 
acquisition. Therefore, the RGD was defined as: 

 

ሻߙሺܦܩܴ ൌ
ୈ೒୒ሺఈሻ

ୈ೒୒ሺ଴°ሻ
     (2) 

 
where α is the tomosynthesis projection angle. As is 

apparent, DgN(0°) is equivalent to the mammographic 
DgN for the equivalent acquisition parameters (breast 
characteristics and x-ray spectrum). With this definition 
of RGD, the MGD for a complete tomosynthesis 
acquisition can be estimated using: 

 
ܦܩܯ ൌ ଴ܭܣܵܧ ∙ ݃ܦ ଴ܰ ∙ ∑ ሻேߙሺܦܩܴ    (3) 
 
where ESAK0 is the entrance surface air kerma for the 

zero-degree projection (equivalent to the mammography 
acquisition geometry), DgN0 is the mammographic DgN 
conversion factor, and the sum of RGD is over all N 
projection angles included in the tomosynthesis 
acquisition. This equation can be re-written as: 

 
ܦܩܯ ൌ ଴ܭܣܵܧ ∙ ݃ܦ ଴ܰ ∙ ܰ ∙  തതതതതത   (4)ܦܩܴ
 
where, as before, N is the number of projections 

included in the tomosynthesis acquisition and RGD  is 

the mean of all N RGDs for the projection angles 
involved in the tomosynthesis acquisition. Since, as 
mentioned, RGD is independent of breast density and x-
ray spectrum, for a specific tomosynthesis system, and 
therefore for a known distribution of projection angles, 

RGD  for each specific breast thickness can be 
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calculated beforehand and provided in a table. 
Sechopoulos et al [45,46] provided tables for DgN0 and fit 
equations for RGD for breast tomosynthesis imaging in 
the CC and MLO views. The upcoming Report of Task 
Group 223 of the American Association of Physicists in 
Medicine (in print) will provide RGD values for a generic 

tomosynthesis system and the RGD  values for a 

number of commercial and advanced prototype 
tomosynthesis systems using as a basis the Wu et al 
model for mammography breast dosimetry commonly 
used in the US [40,41]. 

Similar modifications to the mammography breast 
dosimetry model developed by Dance et al and used in 
the United Kingdom, Europe and by the International 
Atomic Energy Agency [39,43,47] were made for DBT, 
as described by Dance et al [48]. In that nomenclature, 

RGD is replaced by t, while RGD  is replaced by T, but 

their definition is equivalent. In this work, Dance et al 
provide values for t and T for generic systems and values 
for T for three currently commercial and advanced 
prototype DBT systems [48]. Additional tabular values 
for normalized glandular dose for x-ray tubes with 
tungsten targets were provided by Ma et al [49]. Ma et al 
also studied how these values vary with varying 
positioning of the breast on the detector, finding that this 
can cause a variation in dose of up to 13%. 

All the above publications that studied and provided 
values for DgN and RGD (or t and T) allow for the 
calculation of MGD for breast tomosynthesis for a given 
acquisition condition. They do not, however, provide 
information on the radiation dose involved in 
tomosynthesis acquisition in absolute terms, and therefore 
do not provide the information necessary to compare the 
actual glandular dose used in DBT to that used in other 
modalities, such as conventional mammography. To 
obtain dose values in absolute terms and be able to 
compare the dose involved in DBT with other breast 
imaging modalities, it is necessary to characterize the 
ESAK used by the imaging system to acquire an image. 
Of course, in a clinical system this value will depend on 
the settings of the automatic exposure control (AEC), 
which will vary the tube voltage and the tube current-
exposure time product (and in some systems the 
additional filter) depending on the imaged breast 
characteristics. Typically, the compressed breast 
thickness is used to set the tube voltage, while the breast 
glandular density is probed with a low-dose scout image 
to set the tube current-exposure time product. Depending 
on the AEC system, it may also vary the tube voltage 
based on the results of the scout image. Given this 
variation in acquisition parameters with breast 
characteristics, to be able to study the MGD in 
tomosynthesis it is necessary to characterize the AEC 
system behavior. For this, Feng and Sechopoulos used 
custom-made homogeneous breast phantoms of varying 

thickness and equivalent breast density to probe the 
acquisition settings used by a commercial DBT system to 
acquire both tomosynthesis and mammography images 
[50]. Using an ion chamber and a dosimeter they were 
able to obtain ESAK values for the range of equivalent 
breasts investigated, and, in combination with these 
values, Monte Carlo-based DgN0 and RGD values were 
used to estimate MGD for these breasts. The authors 
found that in the majority of cases the MGD from 
tomosynthesis was higher than that for mammographic 
acquisition, and that for an average breast defined as 5 cm 
thick with 50% glandular density the increase was 
minimal (8%). However, for a newer definition of an 
average breast (6 cm thick and ~15% glandular density), 
the difference was larger (83%). It was also found that 
given the advances in system technology, the overall 
MGD for a combined mammography/tomosynthesis 
study is similar to that used for digital mammography 
alone just a few years earlier on previous generation 
systems [51]. The Feng and Sechopoulos study was 
exclusively breast phantom-based, and, as the authors 
suggested, it is of interest to compare MGD estimates for 
mammography and DBT based on acquisition parameters 
used for a large number of actual patients, data that was 
not available at the time. In the same year, Strudley et al 
reported on quality control procedures used during the 
TOMMY trial, a multi-site patient trial performed in the 
United Kingdom [52]. These tests included estimation of 
the MGD used by the Hologic Selenia Dimensions 
systems used in this trial for different breast equivalent 
phantoms, and they found similar relationships between 
mammography and tomosynthesis MGD as those 
reported by Feng and Sechopoulos [50].  

In the first study using patient data to characterize 
MGD in tomosynthesis, Dance et al tested the 
appropriateness of the tomosynthesis dosimetry model 
proposed for the European guidelines discussed above by 
comparing the MGD estimates following the proposed 
protocol with polymethyl methacrylate (PMMA) 
phantoms to those obtained when imaging a total of 541 
patients with two different commercial DBT systems 
[53]. The authors found that the use of the phantoms 
resulted in a reasonable estimate of MGD for patients (of 
course, still assuming the homogeneous tissue mixture 
approximation). In addition, they found a relationship 
between mammography and tomosynthesis MGD similar 
to that previously reported by Feng and Sechopoulos and 
Strudley et al. 

Cavagnetto et al also studied the entrance surface air 
kerma and MGD from mammography and tomosynthesis, 
using the UK/IAEA breast dosimetry model and data on 
the image acquisition parameters selected by the AEC 
system during acquisition of 300 patient mammography 
and tomosynthesis combined exams with a commercial 
system [54]. The authors found similar increases in MGD 
when comparing the tomosynthesis to the mammography 
acquisitions as those reported by Feng and Sechopoulos 
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and Strudley et al using phantoms and Dance et al using 
patient data. In addition to this comparison, in the same 
study, Cavagnetto et al investigated the feasibility of 
using metal oxide semiconductor field effect transistor 
(MOSFET) dosimeters to measure ESAK in real time 
during combined acquisition of a mammography and 
tomosynthesis exam for each patient. The authors found 
that the use of such detectors is feasible, but that for low 
tube current-exposure time products, such as those used 
for compressed breast thicknesses below 30 mm, the 
measurement noise results in higher-than-desirable 
uncertainties in the measurement. However, the authors 
point out that this would typically affect only about 2% of 
the population of compressed breasts. 

In the initial commercial implementation of DBT in 
the United States, the acquisition of a complete breast 
screening exam included the acquisition of both a 
standard 2D mammogram and the tomosynthesis 
projections. This resulted in an increase in the glandular 
dose from screening as reflected in the works discussed 
above. More recently, the introduction of a “synthetic” 
mammogram, as discussed below [55], eliminates the 
need to acquire the mammogram in addition to the 
tomosynthesis projections, substantially reducing the dose 
involved in screening with DBT. 

To aid in the estimation of MGD for DBT acquisitions, 
especially during testing for quality assurance and/or 
control in the clinical realm, Li et al compiled the data 
presented in tabular form from the various studies 
discussed above [37,39,43,45–47,50] and from the quality 
control manual of a commercial DBT system [56] and 
performed various parameterizations of the different 
models [57]. This allowed the authors to provide easy-to-
use electronic spreadsheets that permit the user to enter 
the appropriate inputs (e.g. breast thickness, tube 
voltage), with the spreadsheet providing the value of the 
corresponding factor (e.g. DgN in the case of the US-
based data or g, c, s, and t factors for the UK/IAEA data). 
This avoids the need for the user to perform any 
interpolation of results from tabular data. 

Finally, the introduction of non-normal incidence of x-
rays during tomosynthesis acquisition can necessitate 
modifications to the AEC behavior testing during 
dosimetry quality assurance and control procedures. To 
address this, Bouwman et al [58,59] have introduced a 
new set of phantoms, based on PMMA and polyethylene 
(PE) slabs of varying thicknesses. These are equivalent to 
the set of “standard breasts” [43] used in the European 
Guidelines for quality assurance in breast cancer 
screening and diagnosis [60] but resolve the possible 
issues encountered in tomosynthesis with the previous 
methodology. 

 

V. CLINICAL STUDIES 

In 2007, initial studies by Poplack et al. and Rafferty et 
al. found breast lesions to be more conspicuous on DBT 
than on conventional mammograms [61,62]. 
Subsequently, several reader studies used enriched 
datasets (i.e., a mix of patient cases in which the cancer 
prevalence is higher than in a screening population) to 
investigate the diagnostic performance of DBT. Based on 
125 patient cases, 35 of which had verified breast cancer, 
Gur et al. found a 30% reduction in recall rate when 
combining mammography with DBT, compared to 
mammography alone [63]. In this early study, no benefit 
in sensitivity was found. Gennaro et al compared single-
view DBT (MLO) to two-view mammography. Based on 
images from 200 patients with at least one breast lesion, 
she concluded that DBT performance was not inferior to 
mammography [64]. Svahn et al. found higher sensitivity 
for single-view DBT, compared to two-view FFDM, 
without significant changes in specificity [65]. 

Breast cancer screening with DBT   Subsequent larger 
studies on screening populations corroborated the 
findings of increased sensitivity and reduced recall rate. 
After introducing routine screening with DBT to their 
practice, Rose et al report a reduction of recall rate from 
8.7% to 5.5%, based on 13856 women screened with 
mammography and 9499 women screened with 
mammography plus tomosynthesis [66]. In a 
retrospective study that reviewed screening 
mammograms from 13158 women and screening 
mammography plus tomosynthesis from 6100 women, 
Haas and colleagues found a 30% decrease in recall rate 
in women screened with mammography alone (12.0%), 
compared to women screened with mammography plus 
tomosynthesis (8.4%) [67]. The cancer detection rate was 
greater for mammography plus tomosynthesis than for 
mammography alone, but the difference was not 
statistically significant. A decrease in recall rate was 
observed for all breast densities, with statistical 
significance for all densities except for predominantly 
fatty, which is the breast density for which 
mammography sensitivity is highest [68]. Likely, the 
difference in cancer detection rate failed to reach 
significance because of the relatively smaller number of 
cancers compared to the number of recalls, which 
requires a larger number of women participating in a 
study.  

Skaane et al. reported interim results of a prospective 
screening study (i.e., the Oslo tomosynthesis screening 
trial), which included 12631 women that were screened 
within a timeframe of roughly one year. A 31% increase 
in cancer detection rate for mammography plus 
tomosynthesis (8.0/1000) was found, compared to 
mammography alone (6.1/1000) [69]. The false positive 
rate for mammography plus tomosynthesis was 5.31%, a 
13% reduction compared to that for mammography alone 
(6.11%). This more modest reduction in recall rate in 
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comparison to the study by Rose et al and Haas et al may 
be due to differences in cancer screening strategies in 
Europe and the United States [70]. However, this interim 
analysis also found that the mean interpretation time 
doubled, from an average of 45 sec for mammography 
alone to about 90 sec for mammography plus DBT. 

Diagnostic imaging with DBT   Hakim et al. performed 
a preference study comparing DBT with additional 
mammographic views [71]. In 81% of the cases, 
combined FFDM and DBT was perceived to be equal or 
better for diagnosis. This study did not include cases with 
microcalcifications alone. The workup of screening 
recalls with DBT was investigated by Brandt et al., who 
found that assessment with DBT was highly correlated 
with that of clinical work-up with additional 
mammographic views, in a cohort of 146 women with 
abnormalities (excluding calcifications) [72]. Zuley et al. 
found that diagnostic performance in terms of area under 
the ROC curve (AUC) improved significantly when DBT 
was used instead of additional mammographic views, 
based on 182 cases that included 217 noncalcified lesions 
[73].  

Comparing DBT alone with FFDM and FFDM plus 
DBT, Thibault et al. and Gennaro et al. were able to show 
non-inferiority of DBT alone, using patient data from a 
GE prototype [64,74]. Foernvik and colleagues found 
DBT alone to be more accurate for the assessment of 
lesion size than FFDM, significantly improving the 
accuracy of tumor staging [75]. Actual lesion sizes were 
verified by ultrasound imaging, and DBT imaging was 
performed with a Siemens system. Mun et al. found 
similar improvements with a GE DBT prototype [76]. 

 
Visualization of microcalcifications with DBT   

Spangler and colleagues performed an investigation of 
microcalcification imaging with DBT [77]. Their study 
included 100 cases with 60 microcalcification clusters (40 
benign, 20 malignant). The remaining 40 cases were 
normal. The four standard mammographic views, i.e., CC 
and MLO images of both breasts, were available for both 
FFDM and DBT. Patient cases were acquired using the 
Hologic Selenia Dimensions DBT system. 
Microcalcification detection sensitivity was higher with 
FFDM. This finding held for all microcalcifications, as 
well as for both benign and malignant clusters 
individually. For calcification clusters that were detected 
on both modalities, the difference in AUC in the task of 
distinguishing benign from malignant clusters was not 
statistically significant. Note that the tomosynthesis 
display did allow for “slab-viewing”.  

On the other hand, Kopans et al report that conspicuity 
of microcalcifications was equal to or better than FFDM 
in 92% of 119 sequential cases with calcifications [78]. 
The patient images used in this study were acquired on a 
GE prototype unit, at a dose equivalent to that of two 
screen-film mammograms.  

These apparently inconsistent findings could be due to 
differences in study design – the first study being an ROC 
study, whereas the latter study was a subjective 
preference study. Furthermore, patient data for the studies 
was collected on different DBT units, operated at 
different dose levels, and, perhaps importantly, with 
different scanning modes (i.e. continuous pulsed vs. step-
and-shoot). Further research is needed to clarify whether 
DBT image quality is sufficient for microcalcification 
imaging. 

VI. PRACTICAL CONSIDERATIONS 

One view or two view DBT?  Since DBT is a 
tomographic modality, presumably a single DBT view 
might provide sufficient depth information, so that a 
second DBT view might not be needed.  

Anderson et al. investigated the detection of subtle 
breast masses with DBT in a small study that included 44 
cancers in 37 breasts, using a Siemens prototype DBT 
system [79]. For each breast, a single-view DBT scan as 
well as two-view mammograms were available. 22 
masses were more visible on DBT than single-view 
mammography, and the BIRADS score of 21 masses was 
upgraded. In comparison with two-view mammography, 
11 masses were more visible on DBT, and BIRADS 
scores of 12 masses were upgraded. Wallis et al. 
compared two-view mammography with one or two-view 
DBT, using the SECTRA microdose DBT system [80]. 
Improvement was found for two-view DBT, but not for 
single-view DBT. In two studies using patient data 
acquired on a GE prototype, both Gennaro et al. and 
Thibault et al. found that single-view DBT was not 
inferior to two-view FFDM [74,81].  

 
Synthetic 2D The original FDA-approved imaging 

sequence of the Hologic Selenia Dimensions unit 
consisted of the acquisition of a conventional FFDM 
image, followed by the DBT scan. In order to reduce 
patient dose, Hologic introduced the use of a synthetic 2D 
image to replace the FFDM acquisition. This synthetic 
2D image is generated from the tomosynthesis dataset, 
making the acquisition of the conventional mammogram 
obsolete, and thereby reducing radiation dose 
substantially. The “synthetic 2D” image is processed to 
emphasize suspicious structures in individual DBT slices, 
rather than to approximate a mammographic projection. 
In 2013, the FDA approved the replacement of the FFDM 
image from the combined FFDM-tomosynthesis exam 
with a synthetic 2D.  

Two recent studies by Skaane et al. and Zuley et al. 
report similar performance when readers used FFDM or 
synthetic 2D [82,83]. With an earlier version of the 
synthetic 2D, Gur et al. found a slight decrease in cancer 
detection sensitivity, but no change in recall rate [55].  
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A method to generate synthetic 2D images that 
enhance lesion characteristics is described by Schie et al 
[84]. Note that this is not the algorithm used by Hologic. 
The use of synthetic 2D may also prove useful for 
comparison with prior mammograms or DBT images.  

 
Reading time   Several studies report significant 

increases in reading time with DBT [63,85,86]. Given the 
low prevalence of breast cancer in screening populations 
with about 5 cancers per 1000 screening exams, longer 
reading times will reduce the cost-effectiveness of breast 
cancer screening. Computer-aided detection schemes may 
potentially help offset the reduction in productivity [87–
90].  

VII. CONCLUSIONS  

DBT is an emerging tomographic modality for breast 
imaging that may potentially replace conventional 
projection mammography both for breast cancer 
screening and diagnosis. Current clinical studies are 
promising and indicate the potential for increased cancer 
detection sensitivity and reduced recall rates. However, 
several issues need to be addressed to better integrate 
DBT into the clinical environment, such as the 
development of efficient viewing strategies. Further, if 
DBT is to replace FFDM, its clinical performance in 
lesions with microcalcifications needs to be ascertained 
and possibly improved.   
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